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Abstract
Sanford, Brooke Ashley. PhD. The University of Memphis. May/2013. An
assessment of tibiofemoral kinematics and kinetics following anterior cruciate ligament
reconstruction. Major Professor: John L. Williams, PhD.
The anterior cruciate ligament (ACL) is the most commonly injured knee
ligament with approximately 250,000 ACL tears diagnosed each year in the United States
which leads to an estimated 150,000 ACL reconstructions annually. The primary goal of
ACL reconstruction is to restore stability to the knee and return the patient to their prior
level of activity. However, it has been reported that abnormal motion and/or forces at the
knee due to ACL reconstruction could lead to early-onset knee osteoarthritis. It is
hypothesized that alterations in knee joint kinematic and kinetic measurements after ACL
reconstruction can be characterized when compared to a control population. The current
work describes how the ACL reconstruction subjects’ three-dimensional knee joint angles
and moments during gait were compared to control subjects, and it explores the knee
kinematics and ground reaction forces during a squat activity. This work also discusses
the theory behind musculoskeletal modeling and applies an advanced model to examine
the tibiofemoral compressive forces and predicted muscle forces during gait of the ACL
reconstruction subjects compared to BMI-matched control subjects. These studies
showed the capabilities of using musculoskeletal modeling along with principal
component analysis to identify ACL reconstruction subjects who displayed knee
kinematic and kinetic measurements which fell outside of normal values. This type of
analysis may lead to a diagnostic tool for detecting individuals at risk for developing
early osteoarthritis after ACL reconstruction. This would allow these individuals to
receive early intervention in the hopes of mitigating knee osteoarthritis.
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PREFACE
The main body of this dissertation is composed of the following three journal
articles: “Principal component analysis of knee kinematics and kinetics after anterior
cruciate ligament reconstruction” published in Gait and Posture (Volume 36, pages 609613, 2012), “Asymmetric ground reaction forces and knee kinematics during squat after
ACL repair” submitted to Advances in Biomechanics & Applications, and “Tibiofemoral
joint forces during the stance phase of gait after ACL reconstruction” submitted to
Computer Methods in Biomechanics and Biomedical Engineering.
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Chapter 1. Introduction
1. Thesis Aim and Outline
The goal of this study is to examine knee joint kinematics, moments, and forces in
individuals who have undergone anterior cruciate ligament (ACL) reconstruction in
comparison with a group of healthy matched control subjects. We hypothesized that we
could characterize alterations in these joint kinematic and kinetic measurements after
ACL reconstruction as compared to normal.
Chapter 2 describes how the ACL reconstruction subjects’ three-dimensional knee
joint angles and moments during gait were compared to control subjects. The adduction
moment waveform was given specific focus since abnormalities in this measure have
been shown as a strong predictor of medial compartment knee osteoarthritis (OA).
Chapter 3 explores the ground reaction forces and knee kinematics during a bilateral
squat activity. It tests whether people with ACL reconstruction have symmetric threedimensional ground reaction forces and anterior-posterior translation rates of the femur
with respect to the tibia when compared to control subjects. We hypothesized that there
would be long-term asymmetry in the ACL reconstruction subjects after surgery and
rehabilitation. In chapter 4, musculoskeletal modeling is discussed in more detail. The
theory behind predicting muscle forces is discussed. The sensitivity of the model to
specific parameters, including the muscle recruitment criterion polynomial order and
maximal muscle strength assumptions, is explored. Chapter 5 examines the tibiofemoral
compressive forces and predicted muscle forces during gait of the ACL reconstruction
subjects compared to BMI-matched control subjects. We hypothesized that ACL
reconstruction subjects would exhibit differences in the tibiofemoral joint loads and
predicted muscle forces after surgery and rehabilitation as compared to controls. Finally,
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this thesis is concluded in the general discussion in chapter 6. The added value of the
work and limitations are discussed and future work is suggested.
2. ACL background
The ACL is the most commonly injured knee ligament with approximately
250,000 ACL tears diagnosed each year in the United States (Cooper et al. 2005). This
injury occurs most commonly in athletes and physically active individuals.
Biomechanical studies have shown altered kinematics, kinetics, and muscle activity in
ACL deficient subjects while performing multiple movements (Alkjaer et al. 2002). ACL
rupture can lead to symptoms of instability, meniscal and chondral lesions, and
osteoarthritic changes that develop over time (Yamaguchi et al. 2009). It has been
estimated that ACL rupture ages the knee by 30 years (Butler et al. 2009). Only 14% of
the ACL deficient population is capable of adopting alternate movement strategies to
dynamically stabilize their knee and return to pre-injury activity levels (Hurd and SnyderMackler 2007). Therefore, many individuals choose to have ACL reconstructive surgery.
There are an estimated 150,000 ACL reconstructions annually in the United States
(Cooper et al. 2005) with the associated costs ranging from an estimated $17,000 per
injury, including surgery and rehabilitation costs (Parkkari et al. 2008), for a total annual
cost of $1 billion (Endele et al. 2009). Even after ACL reconstruction, patients are at
increased risk of suffering early onset knee OA. Individuals who suffer a knee injury are
at an estimated 5 times greater risk of developing knee OA (Butler et al. 2009). Knee OA
is the most frequent form of lower extremity OA and accounted for $14 billion in hospital
charges in the US in 2004 (Murphy et al. 2008).
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Diagnosis of the injured ACL is performed by physical examination and/or
magnetic resonance imaging (MRI). Manual tests used for diagnosis include Lachman’s
test, the anterior drawer test, and the pivot shift test (Labbe et al. 2010). Both the
Lachman and anterior drawer tests involve the clinician pulling the tibia anteriorly on the
femur. An increased amount of anterior tibial translation compared with the opposite
limb or lack of a firm end-point indicates injury. The pivot shift test is a more complex,
dynamic displacement between the tibia and femur. The patient is asked to lie on his or
her side with the knee extended and internally rotated. The clinician applies pressure to
the lateral side of the knee while the knee is being flexed. A motion corresponding to
anterior subluxation of the tibia felt near 30° flexion indicates ACL injury.
The primary goal of ACL reconstruction is to restore stability to the knee and
return the patient to their prior level of activity. Several choices are available as to the
method of reconstruction and the type of graft used. Several types of grafts can be used to
reconstruct the ruptured ACL. An autograft uses bone and/or tissue harvested from the
patient’s body, and an allograft uses bone and/or tissue from a donor’s body, typically a
cadaver’s. Synthetic tissue can also be used to reconstruct the ACL. Also, the ACL can
be surgically reconstructed using either the single- or double-bundle technique. Singlebundle reconstruction only addresses the anteromedial bundle which does not reproduce
the entire anatomy and function of the native ACL. The double-bundle technique (Figure
1) produces a more anatomical reconstruction involving both the anteromedial and
posterolateral bundles (Figure 2). Mixed results have been reported as to whether the
double-bundle technique provides better results. For example, using MRI analysis
techniques, Seon et al. (2007) found that the double-bundle technique produced nearer to
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normal tibiofemoral kinematics as compared with single-bundle during a quasi-static
non-weight bearing squat. On the contrary, Takeda et al. (2009) found no advantage in
using the double-bundle technique over the single-bundle.

Figure 1. Anatomic double bundle ACL reconstruction with one femoral and one tibial
tunnel. (From Crawford, Charles et al. 2007. Anatomic double bundle ACL
reconstruction: a literature review. Knee Surgery, Sports Traumatology, Arthroscopy. 15:
946-964.)

Single-bundle ACL reconstruction is still accepted as the standard of care
(Scanlan and Andriacchi 2011), and the two most common autografts used are the central
third of the patellar tendon (bone-patellar tendon-bone) and the hamstring tendon
(semitendinosus-gracilis) constructs (Jansson et al. 2003). Autografts provide the
advantage of not transmitting disease and not putting the patient at risk for rejecting the
foreign tissue. However, disadvantages include the risk of developing patellofemoral
pain, quadriceps weakness, possible patellar tendon rupture, and patellar fracture
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(Freedman et al. 2003; Jansson et al. 2003) when using the patellar tendon autograft.
Drawbacks to the hamstring autograft include failure to achieve immediate rigid fixation
to bone and lower stiffness compared with the patellar tendon graft or native ACL.
Allografts and synthetic grafts are also used, just less frequently.

Figure 2. Left knee cadaver specimen. a. ACL reconstruction graft showing both the
anteromedial (AM) and posterolateral (PL) bundles. b. Tunnel position of both bundles
shown after graft removal. (From van Eck, Carola F. et al. 2011. Systematic review on
cadaveric studies of anatomic anterior cruciate ligament reconstruction. Knee Surgery,
Sports Traumatology, Arthroscopy. 19:S101-108.

In addition to the reconstruction method and graft type, surgical placement is also
critical in the outcome of knee stability and function. It has been shown that when using
the traditional single-bundle technique, the graft is frequently placed in a nonanatomic
position (Kopf et al. 2010). Often, it is oriented more vertically in the sagittal and coronal
planes as compared with the native ACL (Ayerza et al. 2003; Stevenson and Johnson
2007). This placement leads to the lack of an effective rotational moment arm to resist
rotary loading as is present with the native ACL. This relationship was confirmed in a
study of gait in which nonanatomic graft placement was linked to larger deviations in
knee rotation (Scanlan and Andriacchi 2011). Another study of gait reported alterations
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in both the knee flexion and internal rotation angle in subjects following ACL
reconstruction (Gao and Zheng 2010). However, others have reported no differences in
tibiofemoral kinematics during gait after ACL reconstruction (Georgoulis et al. 2003).
Discrepancies in results are likely due to the different populations of ACL reconstructed
subjects. Patient outcome can vary with surgical technique and physical rehabilitation
routines.
While ACL reconstruction has been linked to an increased risk for OA, the
mechanism behind the early development of OA has not yet been established (Butler et
al. 2009). It has been reported that abnormal motion and/or moments at the knee due to
ACL reconstruction could lead to early-onset knee OA (Georgoulis et al. 2003; Butler et
al. 2009; Gao and Zheng 2010; Hart et al. 2010).
Studies of knee kinetics following ACL injury and reconstruction have largely
focused on the sagittal plane. In a review of sagittal plane knee kinetics, Hart et al. (2010)
found that the differences reported had a greater effect size when the comparison of the
ACL reconstructed knee was made relative to healthy, uninjured controls as opposed to
the contralateral knee. This suggests that individuals have a bilateral kinetic response to
the unilateral ACL injury. Ferber et al. (2004) also found that the use of the contralateral
limb for comparison may not be sufficient as subjects displayed bilateral adaptations in
the sagittal plane during walking following ACL reconstruction.
Butler et al. (2009) examined gait mechanics in the frontal plane following ACL
reconstruction with the aim of examining causes of early onset knee OA. Alterations in
frontal plane knee kinematics and kinetics have been linked to the presence, severity,
pain, and rate of progression of medial compartment knee OA (Baliunas et al. 2002;
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Butler et al. 2009; Favre et al. 2012). An increased frontal plane moment promotes
degradation of the medial compartment of the knee. In a more varus position, the lateral
compartment tends to be more separated while the medial compartment is more
compressed which alters the load distribution across the joint surface. This leads to higher
stresses on the medial compartment cartilage and menisci. Butler et al. (2009) found that
individuals in the ACL reconstruction group had a 21% higher peak varus-valgus knee
moment. Since this moment has been correlated with knee OA, it is a possible
mechanism causing early onset knee OA following ACL rupture and reconstruction.
3. Biomechanics background
The knee joint is the largest synovial joint and works in conjunction with the hip
and ankle to support the body’s weight while standing. It is a complex joint which allows
mobility while also providing stability. Two articulations are contained within the knee
joint capsule: the tibiofemoral and patellofemoral joints. The distal femur and proximal
tibia move with respect to each other at the tibiofemoral joint. The articulation between
the posterior patella and the femur occurs at the patellofemoral joint.
At the tibiofemoral joint, the distal femur articulating surface is composed of the
medial and lateral condyles. The medial condyle is larger and has a greater radius of
curvature when compared with the lateral condyle. The proximal tibia articulating surface
consists of asymmetrical medial and lateral tibial plateaus that are separated by a
roughened area and two intercondylar eminences or bony spines. These spines become
lodged in the intercondylar notch of the femur during extension of the knee. The tibial
plateaus are mostly flat with a degree of convexity at the anterior and posterior margins.
This bony incongruence does not provide much in the way of joint stability. However, the
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medial and lateral menisci convert the plateaus into concavities for the femoral condyles.
The menisci (crescent-shaped fibrocartilage structures) also aid in distributing weightbearing forces, reduce friction between the tibia and femur, and provide shock
absorption. These structures allow for an increased contact area between the femur and
tibia which reduces the stress at the joint.
The primary motion at the knee is flexion-extension in the sagittal plane. Internalexternal rotation in the transverse plane and varus-valgus rotation in the coronal plane
also occur, just to a lesser extent (Figure 3). Internal rotation of the tibia with respect to
the femur may produce an in-toe, commonly referred to as pigeon-toed. Varus and valgus
can be thought of as bow-legged and knock-knee, respectively. Translation between the
femur and tibia can also occur in the anterior-posterior, medial-lateral, and proximaldistal directions. Thus, the knee joint has six degrees of freedom with a constantly
changing center of rotation. The initiation of knee flexion (0-25°) involves the femoral
condyles rolling posterior on the tibial plateau. As flexion continues, this rolling back is
accompanied by an anterior glide of the condyles so that the femur does not roll off of the
tibia posteriorly. Knee extension occurs with an initial anterior roll of the femur on the
tibia which is then accompanied by a posterior glide of the condyles on the tibial plateau.
Seven muscles cross the knee posteriorly and have the ability to flex the knee.
These include the hamstrings, which comprise the semimembranosus, semitendinosus,
biceps femoris (long and short heads), as well as the sartorius, gracilis, popliteus, and
gastrocnemius (Figure 4). The short head of the biceps femoris does not cross the hip
joint and acts only at the knee. The other hamstring muscles cross both the hip and knee.
Thus, their force produced at the knee is affected by the hip joint angle. When the hip is
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flexed, greater hamstring force is produced because the hamstrings are lengthened across
the hip. The semimembranosus and semitendinosus are on the medial side of the joint and
capable of internally rotating the tibia on the femur and can generate varus moments. The
biceps femoris is a lateral muscle and can externally rotate the tibia on the femur and
generate a valgus moment.

Figure 3. Anatomical planes of the human body from Wikipedia, the free encyclopedia.
http://en.wikipedia.org/wiki/Anatomical_terms_of_location accessed 17-Jan-13.

The four knee extensors, known as the quadriceps muscles (Figure 4), consist of
the rectus femoris, vastus lateralis, vastus medialis, and vastus intermedius. The rectus
femoris is the only one of these that also crosses the hip joint. These four muscles merge
together into the quadriceps tendon, which inserts into the proximal aspect of the patella,
and continues past the patella, where it is then called the patellar tendon, and inserts into
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the proximal portion of the tibial tuberosity. The quadriceps muscles function together to
extend the knee. However, each muscle pulls in a specific direction due to their distinct
orientations. The knee joint geometry and the patella determine the resultant quadriceps
angle of pull on the tibia. The patella lengthens the moment arm of the quadriceps by
deflecting the line of action of the quadriceps away from the knee joint center, increasing
the angle of pull on the tibia. This enhances the quadriceps’ ability to generate extension
torque. This enhancement is most apparent near 50° of knee flexion when the femoral
condyles have pushed the patella out from the intercondylar notch and as far from the
center of the axis of rotation as possible. While this effect enhances torque production, an
anterior shear force of the tibia on the femur is created which must be resisted by other
active or passive forces. The ACL provides the most prominent passive restraint to this
anterior tibial translation. The iliotibial band, hamstring muscles, soleus, and gluteus
maximus also assist in limiting anterior tibial translation.
The four main tibiofemoral ligaments (Figure 5) provide primary stabilization of
the knee with regard to anterior-posterior translation of the tibia, varus-valgus angulation,
and internal-external rotation of the tibia. The function of the ligaments changes with the
position of the knee joint and according to how the stresses are applied to the knee. The
cruciate ligaments (anterior and posterior) are contained within the joint capsule but lie
outside the synovial membrane. They cross each other near the middle of the knee joint
nearer to its posterior surface. The cruciates provide knee stability by limiting anteriorposterior translation of the tibia, varus-valgus angulation, and internal-external rotation.
The medial and lateral collateral ligaments (MCL and LCL, repectively) are located on
the medial and lateral sides of the tibiofemoral joint, respectively. The collateral
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ligaments limit frontal plane motion to resist varus-valgus stress and also aid in limiting
excessive internal-external rotation.

Figure 4: Anterior and posterior views of the lower extremity muscles from
Encyclopædia Britannica Online, s. v. "anatomy", accessed January 17, 2013,
http://www.britannica.com/EBchecked/topic/22980/anatomy/283/Microscopicanatomy.
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Figure 5. Diagram of the knee showing the major bone segments and ligaments from
Wikipedia, the free encyclopedia.
http://en.wikipedia.org/wiki/Anterior_cruciate_ligament accessed 17-Jan-13.

The ACL is commonly referred to as the main stabilizing ligament of the knee
(Madick 2011). Primarily, it limits the amount of anterior tibial translation with respect to
the femur, and it also limits varus-valgus angulation and internal-external rotation.
Anatomically, the ACL attaches to the tibia on the lateral and anterior aspect of the
medial intercondylar tibial spine. It extends superiorly, posteriorly, and laterally to the
posteromedial aspect of the lateral femoral condyle and twists medially as it travels
proximally. It consists of two bundles, the anteriomedial and posterolateral bundles,
named for their tibial insertions (Yagi et al. 2002; Seon et al. 2007; Takeda et al. 2007;
Madick 2011). The posterolateral bundle is tight when the knee is in full extension. As
the knee flexes, the posterolateral bundle becomes more lax and the anteromedial bundle
tightens. The knee experiences maximal tibial anterior translation near 30° flexion when
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neither bundle is especially taut to constrain the motion. Also, the posterolateral bundle
provides a higher degree of rotational stability than the anteromedial bundle (Levangie
and Norkin 2011).
After a complete ACL tear, some patients are unable to participate in pivoting or
cutting-type sports, while others have instability during simple activities such as level
walking. Therefore, active patients who are involved in sports or jobs that require these
maneuvers are encouraged to consider surgical treatment. Also, patients with significant
functional instability are at increased risk of developing secondary knee damage and are
urged to consider ACL reconstruction.
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Chapter 2. Principal component analysis of knee kinematics and kinetics after
anterior cruciate ligament reconstruction
1. Abstract
This study compared the gait of 10 subjects with unilateral anterior cruciate
ligament (ACL) reconstruction to a group of 12 height- and weight-matched control
subjects. The analysis was based on knee flexion, adduction, and internal rotation angles
and moments. The objective was to use principal component analysis (PCA) to identify
knees of the ACL reconstructed subjects that fell outside normal ranges as determined by
control subjects. Gait data were collected on all subjects in a motion analysis laboratory.
Principal component (PC) models were developed for each gait measure based on the
control subjects’ data and used to assess gait waveforms of ACL reconstructed subjects.
PCA allows analysis of entire gait waveforms for comparisons. In a sample of ten ACL
reconstructed subjects (seven years after surgery, on average), six of the ACL
reconstructed knees had not returned to normal following surgery and eight of the
contralateral knees functioned differently from controls. A majority of the differences
were noted to occur in the abduction-adduction knee moment with corresponding
infrequency in the differences seen in abduction-adduction rotation. PCA enabled us to
identify subjects with gait waveforms as outliers relative to the normal control group.
2. Background
More than 250,000 people tear their anterior cruciate ligament (ACL) in
the United States each year. ACL injury often leads to kinematic changes in the knee,
resulting in instability, and osteoarthritic changes over time [1,2]. In vivo studies of
squatting and walking have shown increased anterior-posterior translation and altered
internal-external (IE) rotation of the tibia with respect to the femur in ACL deficient
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knees using a variety of methods, including MRI [3], fluoroscopy [2], and skin-mounted
markers [4]. Consequently, approximately 150,000 patients elect to undergo ACL
reconstruction annually [1].
The ACL provides primary anterior and rotational stability important for normal
knee function [4]. The goal of ACL reconstructive surgery is to return the patient to
previous levels of function; however, changing any one of the cruciate ligament origins
and/or insertions during ACL reconstruction can lead to altered knee kinematics and
kinetics [5]. The most common method of reconstruction is the single bundle technique
[6]. This technique replicates the anteromedial bundle which has been shown effective in
limiting anterior tibial translation in response to anterior tibial loading but insufficient in
controlling a combined rotary load of internal and valgus torque. Finally, functional
issues such as proprioception and compensatory mechanisms also play a role in achieving
post-operative stability [7].
In this study, we use principal component analysis (PCA) as a dimension
reduction method [8,9] to explore differences between ACL reconstructed subjects’ and
control subjects’ angles and moments at the knee during gait. PCA is a multivariate
statistical method of data analysis that transforms a set of observations of chosen
variables that may be correlated with one another into a set of uncorrelated variables,
called principal components. In doing so, the number of variables (principal components)
used to account for most of the variability in the data is often drastically reduced to at
most 3 or 4 uncorrelated (orthogonal) variables. PCA has been used in previous studies of
knee biomechanics as a dimension reduction technique for gait kinematics and kinetics
[10-12] and to characterize differences between osteoarthritic and normal knee function
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[13]. PCA allows consideration of entire gait waveforms in the analysis as opposed to
extracting arbitrary parameters.
The aim of this study is to examine the knee joint motions and moments in
individuals who have undergone ACL reconstruction on average seven years following
surgery in comparison with a group of matched controls with no history of lower
extremity injury. Knee angles and moments of the ACL reconstructed subjects were
compared to those of controls during gait. We hypothesized that the use of PCA would
allow us to characterize alterations in 3-dimensional knee rotations and moments after
ACL reconstruction as compared to normal.
2. Methods
2.1 Subjects
Twenty-two subjects participated in this investigation. Ten (four male and six
female) ACL reconstructed individuals were compared with 12 (six male and six female)
healthy uninjured height- and weight-matched control subjects. The mean body weight
and height of the ACL reconstructed subjects were 77.6 kg (SD 19.5 kg) and 1.73 m (SD
0.10 m). The ACL reconstructed subjects had sustained an isolated unilateral ACL tear
during sports activity and were surgically reconstructed with bone-patellar tendon-bone
graft or hamstring tendon graft (n = 1) more than 7 months prior to testing (mean 7.4 yr,
SD 5.8 yr). These subjects had a normal contralateral knee and were cleared by their
orthopedist to participate in normal activity by the time of testing. The mean body weight
and height of control subjects were 69.0 kg (SD 13.6 kg) and 1.73 m (SD 0.09 m).
Control subjects had no history of lower extremity infirmity or pathology that may have
affected the ability to perform the experiment.

18

2.2 Data recording
Institutional review board approval of this study was granted, and informed
consent was obtained prior to testing. The testing protocol was the same for both groups.
Prior to testing, retro-reflective markers were placed over bony landmarks of the pelvis
and lower extremities, and arrays of markers were attached to the thighs and shanks using
elastic wrap. Subjects were asked to walk barefoot along a 10 m walkway in which two
force plates were embedded (AMTI, Watertown, MA, USA). Each subject began walking
at a sufficient distance from the force plates so that a self-selected pace was attained prior
to a foot making contact with a force plate. Data were recorded for multiple trials to
assure that each foot made at least three clean footfalls on a force plate.
A nine camera video-based opto-electronic system (Qualisys AB, Gothenburg,
Sweden) was used for 3D motion capture as subjects walked along the instrumented
walkway. All movement data were collected at 100 Hz, interpolated over a maximum of
10 frames, and low-pass filtered at 7 Hz using a fourth-order Butterworth digital filter.
The ground reaction force data were collected at 1000 Hz.
2.3 Data analysis
The musculoskeletal model used in this study was a 6 degree of freedom (DOF)
linked rigid segment model consisting of seven segments, including the pelvis, thighs,
shanks, and feet (Visual 3D, C-Motion Inc, Germantown, MD, USA). The CODA pelvis
was used to define the hip joint center positions [14]. In short, each segment is ideally
rigid and allowed to exist anywhere in space with 6 DOF. The joint is defined as the
place where the distal end of the long axis of one segment meets the proximal end of the
long axis of another segment. Joint motion is solely based on relative movement of
segments as defined by motion tracking. This 6 DOF model was used to calculate the
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flexion-extension, adduction-abduction, and IE rotation angles at the knee defined as tibia
with respect to the femur. Knee flexion, adduction, and internal rotation were defined as
positive and normalized to 100% of the gait cycle.
The 3D joint moments were calculated using inverse dynamics in Visual 3D [15].
The knee flexion, adduction, and internal rotation moments are all indicated as positive
and were normalized to subject body mass and height. Force plate data were used to
identify heel strike and toe off events during the gait cycle. All knee moments were
resampled to 101 values corresponding to 100% of the stance phase of gait (0-60% of the
gait cycle). For each subject, angle and moment data were averaged from three trials for
analysis for each knee. One knee per control subject was used, including six left and six
right knees.
We closely followed the methods described in detail elsewhere [8-12] to apply
PCA to the averaged gait waveforms of the control data to develop principal component
(PC) models for each gait measure. This approach is related to methods in control theory.
Each PC model can be thought of as a projection of the data from the p-dimensional
space defined by the original variables (101 in this case) to a k-dimensional hyper-plane
defined by the principal components (2 or 3 in this case), where k < p [8-12]. The
resulting principal components are optimal in that they explain a maximal amount of
variance in the original variables.
The PC models were used to reconstruct the original gait waveforms of each knee,
and the residual was calculated as the difference between the original and reconstructed
waveforms. The sum of squares of the residuals, Q, was used to measure the
perpendicular distance of each observation (knee) from the hyper-plane defined by the
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model [8,9]. The Mahalanobis distance, T2, measures the distance of each observation
(knee) from the center of the hyper-plane defined by the model. The T2 is a weighted sum
of squares of the PC scores [8,9,11,12]. Upper limits for the T2 and Q values were derived
from the normal subjects’ data and were used as a reference for comparing the ACL
subject gait data [8,9]. Since both values are squared quantities, there is no lower limit.
The PC models developed from the control data were applied to the ACL subject data,
and T2 and Q values were calculated for each knee of the ACL subjects for each gait
measure. These values were compared to the control limits to determine significant
differences from normal [11,12].
Observations (knees) which have values of Q above the upper limit are believed
to have an underlying PC structure that differs from that of the normal subject data used
to form the model [11,12]. Therefore, these knees are considered outliers from the normal
model. This method was used previously to compare pre-operative and post-operative
unicompartmental knee arthroplasty patients’ gait data to that of a control group [11,12].
To interpret the results we used 95% and 99% limits to determine outliers for T2 and Q,
respectively, being more conservative with the limits for the sum of squares of the
residuals due to the small size for the normal control group.
3. Results
PC models were developed for each of the knee angles and moments (Table 1).
The number of PCs retained in each model (k) was chosen through an 85% trace criterion
[8,9]. Table 2 provides a gait assessment of the ACL subjects using the PC models. A
significant difference from normal implies that either or both the T2 and Q values are
above the upper limits defined by control subjects. Of the ten ACL subjects, nine showed
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deviation from normal gait in either or both knees in at least one of the gait measures.
The adduction moment was found to be significantly different in the greatest number of
ACL subjects (six subjects, nine knees), with both affected and non-affected knees falling
outside the limits for either T2 or Q (Fig. 1).

Table 1
Principal component models
Variation
Angle
Moment
Explained
Flexion
Adduction
IE
Flexion
Adduction
IE
(%)
Rotation
Rotation
PC1
45
57
61
60
61
46
PC2
35
32
17
26
23
36
PC3
10
12
7
9
Total
90
89
90
86
91
91
The % variation explained by each individual PC and total variation used in each model.

On average, both the ACL affected and non-affected knees appear to have
increased adduction moment peaks near 15% and 50% of the gait cycle as compared to
controls (Fig. 2A). The loading vector for the first PC, PC1, has all positive values during
the stance phase of gait (Fig. 2B) indicating the adduction moment has a positive
influence on PC1 throughout most of the stance phase (10-50% of gait) and appears to
measure the overall magnitude of the adduction moment during stance. Examination of
gait waveforms corresponding to a high and low PC1 score supports this interpretation
(Fig. 2C). The PC2 loading vector has a positive peak during early stance and a negative
peak during late stance that corresponds to the timing of both positive peaks in the
adduction moment (Fig. 2B), indicating that the adduction moment has a positive
influence on PC2 in early stance and a negative influence in late stance and little
influence at mid-stance. The waveforms corresponding to high and low PC2 scores reveal
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a difference in magnitudes of the peaks (Fig. 2D). Thus, PC2 appears to be a measure of
the relative magnitude at the two (early stance and late stance) peaks of the adduction
moment.

Table 2
ACL subject assessment
Subject
Angle
Moment
(Time since surgery,
Flexion Adduction
IE
Flexion Adduction
IE
mo.)
Rotation
Rotation
ACL1 (7) Affected
+
+
+
+
+
+
Non-affected
+
+
+
+
+
+
ACL2 (90) Affected
–
+
+
–
–
–
Non-affected
–
+
+
–
+
–
ACL3 (64) Affected
+
+
+
+
–
+
Non-affected
+
+
+
+
+
+
ACL4 (15) Affected
+
+
+
–
–
+
Non-affected
–
+
+
–
–
+
ACL5 (87) Affected
+
+
+
+
+
–
Non-affected
–
–
+
–
+
+
ACL6 (53) Affected
+
+
+
+
–
–
Non-affected
+
+
+
+
–
+
ACL7 (232)Affected
+
+
+
+
–
+
Non-affected
+
+
+
+
–
+
ACL8 (143)Affected
+
+
+
+
+
+
Non-affected
+
+
+
+
–
+
ACL9 (157)Affected
+
+
+
+
+
+
Non-affected
+
+
+
+
+
–
ACL10 (42)Affected
+
+
+
+
+
+
Non-affected
–
+
+
–
+
+
Total # significant
5
1
0
6
9
5
(–) indicates significantly different from normal for either T 2 (95% level) or Q (99% level), and
(+) indicates the waveform is similar to the normal pattern.

While the ACL reconstructed subjects appeared to have increased adduction
moments in both knees compared with controls, this trend was not observed in all ACL
subjects. Indeed there were many different variations in shape and magnitude of the
adduction moment of the ACL affected and non-affected knees (Fig. 3).
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Fig. 1. Knee adduction moment T2 and Q values for all subjects with corresponding 95%
and 99% limits.

4. Discussion
We hypothesized that alterations in 3-dimensional knee rotations and moments
during the stance phase of gait could be detected as outliers following ACL
reconstruction by using principal component analysis. The work presented here shows
that abnormalities in gait waveforms can be detected in subjects who have undergone
ACL reconstruction surgery. Of the 20 knees analyzed, 45% displayed abnormal
adduction moment waveforms during the stance phase of gait. These included both ACL
reconstructed and contralateral knees. This is of concern since the knee adduction
moment has been shown to be a strong predictor of medial compartment knee
osteoarthritis presence, severity, pain, and rate of progression [16]. Our interpretation of
the principal components associated with the adduction moment was similar to that of a
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previous study analyzing patients with end-stage knee osteoarthritis [10]. They also
reported the PCs to be measures of magnitude at different stages in the gait cycle.
The results presented in this work are based on the assumption that the control
dataset is truly representative of the normal population. This approach is based on using
control subjects’ gait data to construct normal gait models with upper limits to which the
ACL reconstructed subject’s data are compared. Our method of screening for normal
controls excluded any subjects with a medical history of lower limb injury or surgery. It
is possible that some normal subjects without a medical history of lower limb injury
could fall outside of the limits we set in one or more of the variables considered, although
none did in this “normal” data set. Such outliers may represent a non-normal gait of
unknown cause or may just be representative of normal gait that would be determined
more accurately with a larger number of subjects. Due to the small sample size we used
to develop normal models and determine tolerance limits for comparison, appropriate
caution must be exercised in interpreting these results. We have provided both 95% and
99% limits to detect outliers and used 99% to control for Q, which would be of greater
concern for a small number of subjects.
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Fig. 2. (A) Mean knee adduction moment
waveform data for the control group
knees(solid), ACL affected knees (large
dashed), and ACL non-affected knees (small
dashed). (B) The loading vectors for the first
two adduction moment principal components,
PC1 (solid) and PC2 (dashed). (C) Knee
adduction moment waveforms corresponding
to the 5th (dashed) and 95th (solid) percentiles
of PC1 scores. (D) Knee adduction moment
waveforms corresponding to the 5th (dashed)
and 95th (solid) percentiles of PC2 scores.
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Fig. 3. Mean knee adduction moment
waveforms for ACL subjects ACL3, ACL4,
ACL6, and ACL7 (A-D). The ACL affected
(large dashed) and non-affected (small
dashed) knee waveforms are plotted with the
mean waveform from control subjects (solid)
to show how ACL subjects deviated from the
control group in various ways.

To our knowledge, this is the first study to show that the kinematics and kinetics
of the contralateral knee of ACL reconstruction subjects are different from normal
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controls. An analysis of unilateral ACL deficient subjects reported no differences in knee
kinematics between the contralateral knee and controls in flexion angle, anterior
translation, and internal rotation [4]. That report was based on conventional statistical
methods, not PCA, and did not analyze the other 3 degrees of freedom at the knee. Other
authors have chosen only to examine the affected knee in comparison to a control group
[17-20] while some use the contralateral knee as the control for comparison [3,21-24].
Therefore, little has been reported concerning how ACL reconstruction affects the
contralateral knee.
In the present study, altered moment waveforms were also detected in the ACL
groups for flexion and internal rotation. Knee moments have been studied previously
after ACL reconstruction with a focus on the flexion moment. Quadriceps strength
deficits following ACL reconstruction may contribute to reduced knee angles and
moments during early stance [25]. Asymmetrical gait patterns in peak knee flexion angle,
knee excursion, and the knee extensor moment have been reported at 6 months after ACL
reconstruction surgery. At two years following surgery, kinematic asymmetries had
resolved but asymmetrical moments persisted [26]. Alterations in the knee flexion angle
and moment may also vary with the type of graft [19].
We hypothesize that the variability across subject outcomes in kinematics and
kinetics presented in this work could be related to neuromuscular control. Subjects may
have had muscle strength deficits and/or asymmetries that we did not quantitatively
assess in this work. Additional variability in outcomes could be attributed to loss of
proprioception in the affected knee. It has been proposed that the functional instability
that occurs after ACL injury is due to a combination of mechanical instability and a lack
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of muscle coordination to stabilize the joint. This lack of muscle coordination is believed
to be a result of diminished or absent sensory feedback from the ACL to the nervous
system [7]. Our results indicate the subjects were more likely to resume normal
kinematics than kinetics. We believe this could be due to the nature of proprioception in
that the receptors at the knee are attempting to control for the position of the knee. In an
attempt to control for position, subjects may be using different strategies which lead to
altered moment patterns at the knee. Finally, we have not analyzed the kinematics and
kinetics at the hip or ankle joints. It is possible that subjects have employed alternate
movement strategies at these joints to control the position of the knee.
5. Conclusions
Principal component analysis enabled us to identify gait waveforms which deviate
from normal as assessed using a control population. We determined in a sample of 10
ACL reconstructed subjects that six of the ACL reconstructed knees had not returned to
normal following surgery and that eight of the contralateral knees functioned differently,
presumably as a result of alterations in the reconstructed knee. We believe that each
subject has a unique response to their injury and reconstructive surgery. Further work is
required to understand if this is due to surgical (e.g., graft placement and orientation,
graft tension) or patient variables (e.g., neuromuscular function, and adaptation,
rehabilitation, muscle strength, proprioception) or both. A majority of the differences
were noted to occur in the abduction-adduction knee moment with corresponding
infrequency in the differences seen in abduction-adduction rotation. We hypothesize that
these subjects may be exercising a variety of kinetic strategies in an attempt to control for
the desired kinematics, but further studies are required to support this idea.
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Chapter 3. Asymmetric ground reaction forces and knee kinematics during squat
after ACL repair
1. Abstract
This bilateral squat study tests whether people with anterior cruciate ligament
(ACL) reconstruction have symmetric 3-dimensional ground reaction forces (GRFs) and
symmetric anterior-posterior (AP) translation rates of the femur with respect to the tibia
when compared to healthy control subjects. We hypothesized that there would be no
long-term asymmetry in knee kinematics and kinetics in ACL reconstructed subjects
following surgery and rehabilitation. Position and GRF data were collected on eight ACL
reconstructed and eight control subjects during bilateral squat. The rate of relative AP
translation was determined for each subject. Principal component models were developed
for each of the three GRF waveforms. Principal component scores were used to assess
symmetry within the ACL reconstructed group and within the control group. ACL
reconstructed knees analyzed in early flexion during descent displayed a 4-fold greater
rate of change in anterior translation in the reconstructed knee relative to the contralateral
side than did a similar comparison of normal knees. Differences were found between the
ACL reconstructed subjects’ injured and uninjured limbs for all GRFs. Subjects
following ACL reconstruction had asymmetric GRFs and relative rates of AP translation
at an average of seven years after ACL reconstructive surgery when compared to control
subjects.
2. Introduction
The bilateral squat is a multiple-joint exercise commonly performed during
postoperative anterior cruciate ligament (ACL) rehabilitation programs for gaining lower
extremity strength and control (Shelbourne and Gray 1997; Salem et al. 2003). Proper
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execution of a squat requires control of the body’s center of mass by coordinating the
extensor moments at the hip, knee, and ankle joints. During bilateral activities, such as
the squat, patients may utilize intra-limb substitution patterns in order to shift effort from
a targeted muscle group (such as the knee extensors) to a different muscle group (such as
the hip extensors) or exhibit inter-limb substitution patterns by shifting the effort from the
injured limb to the uninjured limb (Salem et al. 2003).
The bilateral squat has been used to assess knee kinematics and kinetics in
subjects after ACL reconstruction (Salem et al. 2003, Castanharo et al. 2011). These
studies have focused on intra-limb substitution patterns by analyzing sagittal plane peak
joint moments and powers at the knee and hip. Image-based methods have been used to
study asymmetry in tibiofemoral kinematics in subjects following ACL reconstruction
surgery during a quasi-static bilateral squat (Logan et al 2004). Asymmetry following
ACL reconstruction has also been investigated in jumping and landing (Ernst et al. 2000,
Decker et al. 2002, Paterno et al. 2007). However, these are high-demand activities, more
appropriate for young otherwise healthy and athletic subjects, which could potentially put
older less athletic subjects at risk for injury. A review of commonly used outcome
measures for ACL surgery and post-operative rehabilitation listed walking, running,
jumping and hopping as activities that can be objectively assessed to develop a knee
rating score, whereas squatting was considered as a subjective outcome measure, along
with cutting, pivoting, and ability to decelerate (Shaw et al. 2004). Informative and
objective measures of a bilateral squat could be useful additions to the functional
outcome assessment tests, especially if these can help distinguish specific abnormalities
and underlying causes of asymmetry which could impair performance in sports or work.
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The bilateral squat (without a resistance weight) is a low-demand activity that
allows assessment of lower limb symmetry, as the legs are expected to move and support
the body in unison, as opposed to gait where a cyclic symmetry is expected. Threedimensional motion capture technology allows measurement of both tibiofemoral
kinematics and forces. In addition, a bilateral squat allows the relative rate of anteroposterior (AP) translation to be measured. Assessing the relative AP translation of the
femur with respect to the tibia is of interest since the native ACL provides primary
anterior stability necessary for normal knee function.
In this study we use principal component analysis (PCA) as a dimension reduction
method to explore differences between ACL reconstructed subjects’ and control subjects’
ground reaction forces during squatting. PCA is a multivariate statistical method of data
analysis that transforms a set of chosen variables that may be correlated with one another
into a set of uncorrelated variables called principal components. In doing so, the number
of variables used to account for most of the variability in the data is often drastically
reduced to at most three or four uncorrelated, orthogonal variables. PCA has been used
previously to analyze the vertical ground reaction force (GRF) in order to discriminate
between normal and abnormal gait (Muniz and Nadal 2009).
Our null hypothesis was that there would be no long-term asymmetry in knee
kinematics and kinetics in ACL reconstructed subjects following surgery and
rehabilitation. We designed a bilateral squat study to test whether ACL reconstructed
subjects have symmetric 3-dimensional ground reaction forces as assessed using PCA
and symmetric AP translation rates of the femur with respect to the tibia when compared
to healthy control subjects.
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3. Methods
Sixteen subjects participated in this investigation. Eight (three male and five
female) ACL reconstructed individuals were compared with eight (three male and five
female) healthy uninjured height- and weight-matched control subjects. The mean body
weight, height, and age of the ACL reconstructed subjects were 73.3 kg (SD 16.0 kg),
1.71 m (SD 0.08 m), and 28 yr (SD 7 yr). The ACL reconstructed subjects had sustained
an isolated unilateral ACL tear during sports activity and were surgically reconstructed
with bone-patellar tendon-bone graft more than seven months prior to testing (mean 7.2
yr, SD 6.3 yr). These subjects had a normal contralateral knee and were cleared by their
orthopedist to participate in unrestricted activity by the time of testing. The mean body
weight, height, and age of control subjects were 66.9 kg (SD 14.5 kg), 1.73 m (SD 0.09
m), and 25 yr (SD 4 yr). Control subjects had no history of lower extremity infirmity or
pathology that may have affected the ability to perform the activity.
Institutional review board approval of this study was granted, and informed
consent was obtained prior to testing. The testing protocol was the same for both groups.
Prior to testing, retro-reflective markers were placed over bony landmarks of the pelvis
and lower extremities, and rigid arrays of four markers were attached to the thighs and
shanks using elastic wrap. The subjects were tested performing a bilateral squat. Each
subject stood barefoot with feet shoulder width apart with each foot on different force
plates (AMTI, Watertown, MA, USA). Subjects were asked to keep the torso as upright
as possible and to perform continuous bilateral squats to a comfortable level of knee
flexion with arms held straight out in front of the chest. Each subject was allowed to
squat at a self-selected pace for an interval of 25 seconds for two trials of data collection.
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A nine camera video-based opto-electronic system (Qualisys AB, Gothenburg,
Sweden) was used for 3D motion capture as subjects performed squats. All movement
data were collected at 100 Hz, interpolated over a maximum of 10 frames, and low-pass
filtered at 7 Hz using a fourth-order Butterworth digital filter. The ground reaction force
data were collected at 1000 Hz and no filtering was applied.
Relative rate of AP translation at the knee was measured using an approach based
on a previously described method (Beard et al. 2001) for the squat. Similar measurements
using bone landmarks and sagittal plane fluoroscopy rather than motion capture of skin
mounted targets confirmed the results of the earlier motion capture study lending some
support to the marker based approach for measuring AP translation (Isaac et al., 2005).
Markers placed over the inferior pole of the patella, tibial tubercle, and lateral malleolus
allowed calculation of AP translation (femur with respect to tibia) in the sagittal plane
relative to the uninjured knee. In the control subjects, relative AP translation was chosen
as right relative to left or left relative to right based on which measure more closely
paralleled the ACL reconstructed subjects. The AP translation data were averaged over
multiple cycles for each subject and re-sampled to 101 values corresponding to 0-100%
of the squat cycle. The relative AP translation was measured at 10 degree increments of
knee flexion starting at 10 degrees up to 50 degrees flexion. Finally, data were
normalized so that relative AP translation was zero for each subject at 10 degrees knee
flexion. The rate of change of relative translation of the femur on the tibia over each 10
degree increment of knee flexion was calculated for each subject. The rate with the
maximum magnitude, retaining sign, was determined for each subject and averaged for
the two groups, ACL reconstructed and controls. Results were compared using Student’s
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t-tests assuming unequal variance. The knee flexion angle range of 10-50 degrees was
chosen due to subject variability of the maximum and minimum knee flexion angle
achieved during squatting. Subjects were asked to perform the squat to a comfortable
level of knee flexion. Therefore, both the maximum and minimum values of knee flexion
differed between subjects.
The 3-dimensional GRFs were averaged over multiple squat trials (range of 6-9
squats) for each subject and resampled to 101 values corresponding to 0-100% of the
squat cycle. Separate principal component (PC) models were developed for the AP GRF,
medial-lateral (ML) GRF, and the vertical GRF waveforms. The posterior, medial, and
upward GRFs were defined as positive values. PC scores were generated for each
averaged GRF waveform from each limb segment of all subjects and used to assess
symmetry within the ACL reconstructed group and within the control group. In short, PC
scores measure the contribution of the principal components to each individual waveform
and correspond to the representation of the original data in PC space. Control subjects
were expected to have approximately symmetrical squat waveforms, and it was expected
that there would be larger differences in scores between limbs of the ACL reconstructed
subjects than between limbs of the controls. Therefore, paired t-tests were used to
compare PC scores of the injured limb to that of the uninjured limb in the ACL
reconstructed subjects and right to left in the control subjects for the AP, ML, and vertical
GRFs.
4. Results
The ACL reconstructed subjects reached a self-selected mean maximum flexion
angle of 83 ± 17 degrees as compared with 99 ± 13 degrees for controls (t-test, p = 0.06).
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Relative AP translations of the femur with respect to the tibia during the descent phase of
the bilateral squat were plotted for all subjects (Figure 1). For the control subjects, the
relative AP translation could be made as right relative to left or vice versa providing two
possible measures for comparison. The measure chosen for comparison (Figure 1 - solid
lines) intentionally biased the comparison in favor of minimizing the differences between
the normal and ACL reconstructed groups. Similar results were generated for the ascent
phase of the bilateral squat. ACL reconstructed knees analyzed in early flexion during
descent displayed a 4-fold greater rate of change in anterior translation of the femur with
respect to the tibia in the reconstructed knee relative to the contralateral side (0.17
mm/deg) than did a similar comparison of normal knees (0.04 mm/deg) (Table 1).
Principal component (PC) models were developed for each of the GRFs (Table 2).
The number of PCs retained in each model was chosen through an 80% trace criterion
(Jackson 2003). The ML GRF was modeled using two PCs which comprised 82%
variance. Both the AP and vertical GRFs were modeled using four PCs which comprised
84% and 83% of the variance, respectively.
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Figure 1 Descent phase of squat relative AP translation. The AP translation of ACL
subjects is represented as operated knee relative to the non-operated knee. For normal
subjects, relative AP translation was measured as both right relative to left and vice versa.
The measure used for analysis was chosen as the one that most closely followed the
pattern of the ACL subjects, so as to minimize the differences between groups. The
measure used for analysis of normal is shown as the solid line, and the unused measure,
of opposite sense, is shown as a dashed line. All measures are femur with respect to the
tibia (+anterior, -posterior).

Table 1
Maximum rate of change of relative AP translation during both phases of squat
Mean (SD) Relative AP
(mm/deg)
Descent
Ascent
ACL(Reconstructed –
0.17 (0.10)
0.11 (0.13)
Contralateral) (n = 8)
Control (n = 8)
0.04 (0.04)
0.03 (0.05)
P-value (two-tailed test) <0.01
0.15
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Each PC score was compared within each of the groups, ACL reconstructed
(injured to uninjured) and control (left to right), using paired t-tests to assess lower
extremity symmetry (Table 2). No differences were found in the PC scores between the
left and right limbs of control subjects (p > 0.05 for all measures). However, differences
(p < 0.05) were found between the ACL reconstructed subjects’ injured and uninjured
limbs for all three GRFs (Table 2). The maximum magnitude of the ensemble average for
the ACL injured and uninjured limbs and control left and right limb ML GRF reached
approximately 10% that of the vertical GRF. The maximum magnitude of the ensemble
AP GRF only reached about 1% that of the vertical GRF during squat (Figures 2-4).
5. Discussion
Our null hypothesis was that we would find no left to right long-term asymmetry
in knee kinematics and kinetics in ACL reconstructed subjects following surgery and
rehabilitation during bilateral squat. We used principal components analysis of ground
reaction forces and a simple measure of relative rate of anterior motion of the femur on
the tibia as measures. We found that at an average of seven years after ACL
reconstructive surgery subjects had asymmetric ground reaction forces and asymmetric
relative rates of anterior-posterior translation of the femur with the respect to the tibia
when compared to normal control subjects. The primary goal of ACL reconstruction is to
return the injured knee to its prior level of function. Inherent in this goal is the desire to
restore normal kinematics and kinetics to the injured knee. Our study indicates that ACL
reconstructed subjects did not return to a normal degree of left to right symmetry in their
lower limb kinematics and kinetics even many years following surgery or perhaps that
they were asymmetric before injury occurred and remained so after reconstruction.
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Table 2
PC models representing at least 80% variation in the ground reaction forces
Measure

PC

% variation Mean (SD)
p-value Mean (SD)
p-value
ACL injured
ACL uninjured
Control left
Control right
AP Force
PC1 46
-5.7 (20.6)
8.4 (20.0)
0.31
8.5 (21.2)
-11.3 (20.0)
0.20
PC2 25
-8.2 (15.3)
7.6 (14.4)
0.02*
1.1 (16.1)
-0.4 (16.3)
0.76
PC3 8
3.8 (7.4)
3.0 (6.9)
0.74
-0.7 (7.3)
-6.1 (11.3)
0.09
PC4 5
-0.2 (8.3)
-1.2 (8.8)
0.63
2.8 (3.9)
-1.4 (8.8)
0.19
ML Force
PC1 66
10.0 (30.1)
9.8 (30.0)
0.74
-9.3 (18.5)
-10.6 (18.2)
0.12
PC2 16
1.8 (15.3)
3.7 (15.8)
0.03*
-4.4 (8.0)
-1.1 (10.4)
0.12
Vertical Force PC1 36
-10.9 (8.4)
12.0 (15.6)
0.01*
-10.9 (15.1)
9.8 (22.1)
0.14
PC2 24
-2.2 (13.9)
1.5 (16.4)
0.71
4.2 (14.7)
-3.5 (18.9)
0.51
PC3 15
1.5 (13.0)
0.9 (10.0)
0.80
-1.6 (16.7)
-0.8 (10.3)
0.86
PC4 8
-0.8 (7.8)
0.1 (5.3)
0.78
1.9 (13.6)
-1.1 (9.1)
0.24
P-values were determined for paired t-tests comparing ACL injured to ACL contralateral (uninjured) and control left to control
right
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The results of this study show that ACL reconstructed subjects had increased rates
of anterior translation of the femur with respect to the tibia in the injured knee relative to
the contralateral side as compared with controls when going into flexion during a
bilateral squat. Our results agree with earlier studies which have reported kinematic
asymmetries. MRI studies have shown that ACL-deficient knees have a posterior and
lateral tibiofemoral contact pattern on the tibial plateau compared to healthy knees
(Scarvell et al. 2005; Li et al. 2006). Open access MRI studies which allow a degree of
limb loading have shown persistent anterior subluxation of the lateral tibial plateau on
squatting in ACL reconstructed knees (Logan et al. 2004). In one open MRI study
investigators used a Slocum anterolateral rotatory instability test, which revealed that
while they could not find differences in the mean anterolateral tibial translation between
ACL reconstructed and healthy knees, 9 of 21 of the reconstructed knees had more than 3
mm of anterolateral tibial translation compared with only 3 of 21 healthy knees,
indicating that rotary instability persists even after ACL reconstruction (Tashiro et al.
2009).
Additionally, we found that, unlike our normal controls, our ACL reconstructed
subjects displayed asymmetric ground reaction forces. Using principal components
analysis (PCA) we were able to detect asymmetries in all three GRFs during a bilateral
squat.
The average GRF in the antero-posterior (AP) direction for all subjects remained
below 3% body weight and displayed various waveform patterns. Four principal
components (PCs) were used in order to describe at least 80% of the variance in the AP
GRF. Of these, PC2 was found to differ between the limbs of the ACL reconstructed
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subjects. The averaged AP GRF waveforms (Figure 2) displayed somewhat similar
patterns. The largest differences between the ACL reconstructed injured and uninjured
knees occurred in the AP GRF early during the descent phase of squat (0-20%) and late
during the ascent phase (80-100%) in comparison to control left and right differences.

Figure 2 AP GRF during squat. The anterior (–) posterior (+) ground reaction force
during the squat cycle starting with the knees at their most extended flexion angle at 0%
and returning to their most extended angle at 100%.

The medio-lateral (ML) GRF required only two PCs to capture more than 80% of
the variance. As was seen for the AP GRF, PC2 was found to be significant for the ML
GRF comparison between the inured and uninjured limbs of the ACL reconstructed
subjects. The average ML GRF did not exceed 11% body weight for any subject. All
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control subjects displayed similar average ML GRF waveform patterns with a medial
direction over the entire squat cycle. The medial GRF reduced to near zero (or slightly
lateral) as the knees reached the highest degree of flexion and then increased again with
knee extension. This suggests that control subjects pushed slightly lateral with both feet
for stability in positions near full extension but less so in flexion. Only two of the ACL
subjects displayed this same pattern, while two other ACL subjects displayed the
opposite pattern with the medial GRF increasing with knee flexion. The remaining ACL
subjects displayed various ML GRF waveform patterns.

Figure 3 ML GRF during squat. The medial (+) lateral (–) ground reaction force during
the squat cycle starting with the knees at their most extended flexion angle at 0% and
returning to their most extended angle at 100%.
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The differences observed in the ML GRF could be due to differences in frontal
and transverse plane movement of the knee. A previous study of gait revealed a trend
toward both a varus and internal tibial rotation offset in ACL reconstructed knees
compared to knees of healthy control subjects (Gao and Zheng 2010). The contralateral
knee was not evaluated. In a more varus position, the lateral compartment of the knee
joint tends to be more separated while the medial compartment is more compressed. This
can alter the load distribution on the joint surface which places higher stresses on the
medial compartment cartilage and menisci. Previous studies have pointed out that
alterations in frontal plane kinematics and kinetics relate to an increased risk of ACL
injury (Paterno et al. 2010) and to the presence, severity, pain and rate of progression of
medial compartment knee osteoarthritis. (Favre et al. 2012, Baliunas et al. 2002).
The vertical GRF was modeled using four PCs, and PC1 was identified as being
different between limbs of the ACL reconstructed subjects (Table 2). The ACL
reconstructed subjects tended to shift more of their body weight to the contralateral limb.
This contrasts with a previous study that analyzed the back squat (Salem et al. 2003) with
35% body weight resistance and found that there was no difference in vertical ground
reaction force between the ACL reconstructed limb and contralateral side at an average of
30 weeks since surgery. However, that analysis was based on the peak vertical GRF, not
the entire waveform. On the other hand, the same study showed the ratio of peak hip
extensor moment to peak knee extensor moment to be different for the ACL
reconstructed limb. Therefore, it was concluded that ACL reconstructed subjects used a
strategy that increased muscular effort at the hip and reduced effort at the knee in the
involved limb while distributing the effort equally in the contralateral limb.
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Figure 4 vertical GRF during squat. The vertical ground reaction force during the squat
cycle starting with the knees at their most extended flexion angle at 0% and returning to
their most extended angle at 100%.

Our study suggests that after ACL reconstruction, subjects not only shift their
weight to the contralateral knee, but also utilize different weight-bearing strategies in the
ML and AP direction to try and reduce the stress across the knee joint. These strategies
are likely to differ among subjects according to the degree to which their kinematics have
been altered. We believe this is why various waveform patterns were observed for the AP
and ML GRF in ACL reconstructed subjects. It seems that the contralateral limb attempts
to mimic the strategy adopted by the injured limb in order to maintain balance during the
squat but cannot do so completely, resulting in asymmetric properties of the 3dimensional GRFs. We believe these findings are relevant to the interests in developing
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safe rehabilitation and quadriceps strengthening exercises, especially during the early
phases of graft healing and for developing additional objective assessment tools to
evaluate readiness to return to sports or work.
It is important to recognize the limitations of this study. First, the method used to
determine the relative rate of AP translation is only an approximation since the
inclination of the tibial plateau is not perpendicular to the marker-defined tibial axis. In
addition, skin markers used in motion analysis are prone to artifact from skin movement,
which can introduce errors during infrared motion capture of patellar, tibial tubercle and
lateral malleolus motions. While such errors are largely unavoidable, one study has
shown good correlation between joint co-ordinate data collected via surface markers and
embedded bone pins (Manal et al. 2002). Furthermore, it is expected that making these
measurements relative to those in the contralateral knee will help reduce subject-specific
errors due to skin motion artifact. The relative AP translation rates determined for the
normal subjects can then be considered to provide an approximation of the relative
measurement errors (mean difference 0.04 mm/deg., SD 0.04 mm/deg.). These estimated
relative translation errors, obtained from the control subjects, can be negative or positive
depending on whether the left knee is compared to the right or vice versa. However, we
believe we minimized the effects of these errors in determining differences between ACL
reconstructed subjects and controls, by choosing the sense of the “estimated errors” so as
to produce the least difference in relative translations compared with the relative
translations of the ACL subject knees. Finally, postoperative shortening of the patellar
tendon is another potential source of error in the AP translation results, as the patella
position of the reconstructed knee could have been altered in some subjects, which was
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not measured or assessed in this study. The AP translation analysis was limited to knee
flexion between the range of 10-50 degrees so as to minimize the amount of skin artifact
and patella movement. These errors were further minimized by basing the assessment on
the relative movement between the injured and control limbs. Nevertheless, small
changes in angles and displacement can occur due to well-known limitations in motion
analysis methodology and therefore due care should be taken when interpreting these
data.
6. Conclusions
These results have shown that people after ACL reconstruction an average of
seven years following surgery and rehabilitation have greater rates of anterior-posterior
translation of the femur with respect to the tibia in the ACL reconstructed knee compared
with the contralateral knee and asymmetric 3-dimensional ground reaction forces
between the injured and uninjured limbs. Whether this asymmetry is the result of the
injury and reconstruction or was present in these subjects prior to their injuries is
unknown. The use of principal component analysis allowed identification of differences
in the ground reaction forces during a bilateral squat without resistance which have not
previously been reported using other analysis techniques. ACL reconstructed subjects
shifted their body weight to the contralateral limb during squatting and individual
subjects displayed varying loading strategies in the anterior-posterior and medial-lateral
directions. These alterations in loading may lead to altered load distributions across the
knee joint and may put some subjects at risk for future complications such as
osteoarthritis.
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Chapter 4. Musculoskeletal modeling
1. Introduction
The work presented in the previous two chapters was based on a
musculoskeletal model developed using Visual 3D (Version 4.9, C-Motion Inc.,
Germantown, MD, USA). This model was used for kinematic and kinetic analyses in
which the muscles were not modeled. The musculoskeletal model used was a six
degree of freedom linked rigid segment model consisting of the pelvis, thighs, shanks,
and feet (Figure 1). Each segment is ideally rigid and allowed to exist anywhere in
space. The joint is defined as the place where the distal end of the long axis of one
segment meets the proximal end of the long axis of another segment. Joint motion is
based on relative movement of the segments as defined by motion tracking. Since the
muscles are not present in this model, muscle forces and joint forces cannot be
estimated.
The work presented later in this chapter and in the next chapter is based on a
different model using the AnyBody Modeling System (Version 5.2, AnyBody
Technology A/S, Aalborg, Denmark). This model was used for modeling the
musculoskeletal system with muscles included. The Twente Lower Extremity Model
(Klein Horsman et al. 2007) was used which consisted of 12 body segments: HAT
(head, arms, and trunk), pelvis, and bilateral femur, patella, tibia, talus, and foot
(Figure 1). The L5S1 and hip joints were modeled as ball-and-socket, and the knee,
talocrural, and subtalar joints were modeled as hinge joints. The degree of patellar
rotation with respect to the femur was dependent on the knee flexion angle. Each leg
contained 56 muscles modeled by 159 muscle elements.
The AnyBody modeling system uses inverse dynamics to solve for joint
kinematics and kinetics. Inverse dynamics is a method for computing forces and
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moments based on a body’s kinematics and inertial properties. The segment positions,
velocities, and accelerations are inserted into the dynamic equilibrium equations
which creates a set of equations where only the muscle forces and joint reaction
forces are unknown. These equations are solved using optimization of an assumed
muscle recruitment criterion to distribute the internal forces among muscles and
reaction forces. Inverse dynamics requires that the joints and model motion can be
completely described through constraint equations. Other methods are also used when
analyzing human movement and forces. Whereas inverse dynamics is used to
determine forces and moments needed to produce measured motion, forward
dynamics calculates the motion of the body based on known forces and moments.
While forward dynamics attempts to predict motion, it is more computationally
demanding to perform. Finite element analysis and force dependent kinematics have
also been used in this field of study. Force dependent kinematics is a new approach
that is still under development by the AnyBody group. In short, some anatomical and
prosthetic joints are non-conforming to an extent that the forces that create the joint’s
motion influence the joint kinematics and the internal force equilibrium which cannot
be captured by using only kinematic constraints, such as in inverse dynamics
(Andersen et al. 2011). Forward dynamics can address this issue but often requires
tuning and long computation times. Force dependent kinematics computes the muscle
and reaction forces as well as predicted motion in specified directions (Andersen et al.
2011).
This chapter will present a brief background on muscle modeling and provide
insight into some of the major challenges. We will explore a few of the model
parameters and how they affect the results of muscle and joint reaction forces.
Specifically, we altered the polynomial order of the optimization criterion and scaling
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values which determine the maximum strength values of muscles and examined the
results using the AnyBody Modeling System (Version 5.2, AnyBody Technology
A/S, Aalborg, Denmark). (The AnyBody Managed Model Repository Version 1.5
AnyGait model was used for modeling. A bug in this version was found on 9/24/12
and fixed by changing the muscle parameter files in the model. The files
‘MusPar.any’ and ‘MusParSimple.any’ contained in the AMMRV1.5/AMMRV1.5MyDemo/Body/AAUHuman/LegTD directory were changed so that each muscle was
scaled by the appropriate body segment, rather than the scaling factor associated with
the shank for all muscles.)
From an engineering point of view, the forces exerted by muscles during
movement are important because they are primary contributors to loading of skeletal
structures, particularly the joints. Muscles are also the primary producers of moments
about joints. The problem is that muscle forces cannot be easily measured in vivo.
Therefore, non-invasive methods must be used to estimate the forces generated by
muscles. Estimating muscle forces relies on the principle that muscles produce
skeletal movement. The challenge is that musculoskeletal systems are redundant, and
a given movement can be achieved by an infinite number of muscle activation
patterns. The central nervous system is responsible for the organization and control of
skeletal movement.
Muscles can be classified as agonists or antagonists. In general, the agonist is
responsible for producing a specific joint motion. The antagonist muscle opposes the
agonist muscle. Agonist and antagonist muscles are found in pairs; for example, the
hamstrings and quadriceps are antagonists for knee flexion-extension. The
simultaneous contraction of agonists and antagonists is called co-contraction. For
example, when rising to stand from a sitting position, both the quadriceps and
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hamstrings contract simultaneously, even though they are antagonists to each other.
This phenomenon is referred to as Lombard’s Paradox (Zatsiorsky and Prilutsky
2012). The rectus femoris is a biarticular muscle (spans two joints) of the quadriceps
which acts to extend the knee and flex the hip. The hamstrings also contain biarticular
muscles (semitendinosus, semimembranosus, and biceps femoris long head) which act
to flex the knee and extend the hip. The rectus femoris has a smaller moment arm than
the hamstrings at the hip but a larger moment arm than the hamstrings at the knee.
Thus, co-contraction of the rectus femoris and biarticular hamstrings will result in net
hip and knee extension. Finally, muscles can also act in synergy. A synergist is a
muscle that performs the same set of joint motion as the agonists.

Figure 1. Different musculoskeletal models used in analyses. The Visual 3D
model is shown on the left and the AnyBody model is shown on the right.
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In the early 1970s, Seireg and Arvikar pioneered the effort of using
optimization techniques to solve the mathematical indeterminacy of muscle forces
(Herzog 1996). They defined a multivariate function dependent on the muscle forces
and minimized this function subject to constraints that muscle forces must be positive
and must fulfil the dynamic equilibrium. The multivariate function is often referred to
as the objective function or the optimization criterion.
The optimization techniques developed over 40 years ago are still being used
today to estimate muscle forces during movement. However, it should be noted that
the exact goals of the central nervous system are still unknown. As Crowninshield and
Brand (1981) pointed out, the distribution of muscle forces and muscle activations are
likely dependent on the activity being performed and the physical capabilities of the
individual. As a result, various different optimization schemes have been applied to
human movement in order to solve the muscle distribution problem.
2. Muscle distribution problem
Activation of the muscles produces force and in turn, moves the segments and
joints in a controlled fashion to accomplish the predetermined motion. At times, these
movements take place against the action of external forces. This process is highly
dependent on the force-generation properties of muscles, anatomical aspects of the
musculoskeletal system, and the underlying neuronal control system. In order to
calculate the individual muscle forces, we must solve the distribution problem relating
the forces and moments produced by structures in and around the joint to the
intersegmental resultant force and moment. The joint equivalence equations are as
follows:
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∑

∑

∑

∑

∑

∑

where F and M are the intersegmental resultant force and moment, respectively. The
superscript “0” designates the joint center 0, and

,

, and

are the forces in the

ith muscle, jth ligament, and kth bony contact, respectively. The terms

and

are location vectors from the joint center to any point on the line of action of the
corresponding force. Finally, m, l, and c represent the number of muscles crossing the
joint, ligaments crossing the joint, and articular contact areas within the joint,
respectively.
The intersegmental resultant force and moment can be determined by using
inverse dynamics when the kinematics and external forces acting on the system are
known. It is commonly assumed that ligaments do not transmit appreciable forces
during activities of daily living. Also, the resultant joint contact force can be assumed
to act on the joint center so that the joint contact forces do not contribute to the
resultant intersegmental moments. With these two assumptions, Equations 1 and 2 are
reduced to the following:

∑

∑

∑

56

When solving for the moment equation, the moment arms,

are assumed to

be known from experimental cadaveric measurements or imaging techniques, as are
the lines of action of the muscles. The remaining unknowns are the magnitudes of the
muscle forces. Equation 4 gives us three independent scalar equations. However, the
number of muscles crossing a given joint usually exceeds three. Thus, Equation 4
results in a mathematically indeterminate system with an infinite number of possible
solutions.
3. Optimization techniques
An optimization problem consists of maximizing or minimizing some function
by systematically choosing input values from within a set of allowable values and
calculating the output value of the function. The function to be minimized or
maximized is commonly referred to as the objective function, the cost function, or the
optimization criterion. This function is chosen to represent the assumed strategy that
the central nervous system is using to distribute muscle forces during movement.
Mathematically, the polynomial optimization criterion,

(

)

∑(

, can be defined as:

)

with the objective to minimize f subject to Equation 4 and limiting muscle forces to be
greater than or equal to zero. The variable n(m) is the number of muscles in the
mechanism, and p is the polynomial order. Ni are normalization factors or functions
which can take the form of assumed maximum muscle strength, physiological crosssectional area, or instantaneous muscle strength. The form that Ni takes is dependent
on the design variable that is chosen for the optimization criterion.
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The optimization criterion is dependent on the unknown variable or design
variable. One choice for the design variable has been simply the magnitudes of the
muscle forces,
stresses,

. Another popular choice has been the magnitude of the muscle

. The muscle stress is defined as the muscle force divided by the

physiological cross-sectional area of that muscle. Others have proposed to use the
muscle activity,

, as the design variable. Muscle activity can be defined as the

muscle force divided by the maximum force that muscle can exert. The maximal force
a muscle can exert is proportional to its physiological cross-sectional area, and some
studies take into account the instantaneous muscle fiber length and the shortening
velocity, among other variables.
In general, cost functions are often classified as either effort-like or fatiguelike (Ackermann and van den Bogert 2010). Muscle fatigue, which is the inverse of
muscle endurance, is related to the percentage of total muscle fibers active, or muscle
activation. Crowninshield and Brand (1981) found the relationship between muscle
fatigue and muscle activation to be approximately cubic (p = 3). The endurance of the
muscular system is determined by the maximally fatigued muscle. In this case, a
min/max optimization arises (Rasmussen et al. 2001) which strongly penalizes large
muscle activations. This case can be approximated by letting p approach infinity and
distributes the muscle forces in a way such that the maximum relative muscle force is
as small as possible. On the other hand, muscle effort has been correlated to the
volume of activated muscle tissue, and depends more linearly on muscle activation
(Ackermann and van den Bogert 2010). Effort-like cost functions generally
incorporate some type of muscle volume weighting and a lower value of p.
Up until 1981, most approaches at optimizing muscle forces were linear, p =1
(Herzog 1996). When using a linear optimization criterion, the number of predicted
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active muscles is restricted to the number of degrees of freedom of the system. The
linear approach results in predictions of muscle force distributions where the
contribution of one most effective muscle is maximal and the number of activated
muscles is minimal (van Bolhuis and Gielen 1999). For example, when minimizing
the sum of muscle forces, the muscles with the largest moment arms are preferably
activated since this produces the largest moment for the smallest muscle force.
Additional constraints can be added to the linear objective function in the form of
upper bounds on the maximal muscle forces or stresses. However, this generally still
predicts only one active muscle per degree of freedom, and an additional muscle is
only activated when another muscle reaches its upper bound. Using a value of p > 1
favors distributions where all muscles contribute, rather than one muscle taking most
of the load. Models with p > 2 result in more extensive synergies in muscle activation
to try and limit the contributions of each muscle as small as possible.
4. Predicted muscle and joint forces during gait
Several studies have been performed with the aim of predicting muscle and
joint forces during gait (Heller et al. 2001; Stansfield and Nicol 2002; Stansfield
2003; Shelburne et al. 2006; van der Krogt et al. 2012; Sritharan et al. 2012). Some of
these groups compared the calculated hip contact forces to those measured in vivo by
instrumented hip joint prosthesis (Heller et al. 2001; Stansfield 2003). Others report
good agreement between their results and the results of other studies (Stansfield and
Nicol 2002; Shelburne et al. 2006; Sritharan et al. 2012; van der Krogt et al. 2012).
Heller was the first to make direct comparisons between measured and calculated hip
joint forces (Heller et al. 2001; Stansfield 2003). They used the sum of muscle forces
as an optimization criterion and reported reasonable agreement between the measured
and calculated results. Individual muscle forces are often compared to EMG data.
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However, EMG cannot verify muscle force magnitude. It is used mostly to verify
whether or not the muscle in the model is active at the same time as EMG shows
muscle activity.
One recent study used the measurements from an instrumented implant to set
the parameters of the optimization criterion instead of just for validation (Steele et al.
2012). They chose to minimize the sum of weighted muscle activations squared when
studying the tibiofemoral compressive force during crouch gait in subjects with
cerebral palsy. Each muscle was given an integer weighting constant, with a default
value of one. The weighting constants were determined by comparing calculated and
measured tibiofemoral compressive force for a subject with an instrumented total
knee replacement. The weighting constants were varied between one and ten for the
major muscle groups that cross the knee. The analysis was performed for all
combinations of weighting constants, and the combination of constants that had the
minimum average value and resulted in a difference between the calculated and
measured peak tibiofemoral compressive force of less than 20% body weight. These
weighting constants were then used for the analysis of all other subjects.
5. Polynomial order
In this study we used a polynomial cost function which minimized the sum of
muscle activation raised to the power p ranging from one to five. Five control subjects
were chosen for the analysis ranging in mass from 56.7 kg up to 112.94 kg. A
representative gait cycle was used for analysis from initial contact to the next initial
contact of the same foot. The peak hip and knee joint force was determined for both
the left and right leg of each subject and normalized to their body weight. The results
are shown in Figure 2. For all subjects, the peak knee joint force decreased with
increasing polynomial order. This decrease started to level off at polynomial of order
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three. On the contrary, the peak hip joint force tended to increase slightly with
increasing polynomial order, but at a slower rate than the decrease of the knee.
For all subjects analyzed, the peak knee joint force decreased and the peak hip
joint force increased with increasing polynomial order. The decrease in the knee joint
force started to level off at polynomial of order three. Also, the hip joint force
increased at a slower rate than the knee joint force decreased.
In general, we would expect higher polynomial orders to give higher joint
forces, as is shown at the hip. When using the linear recruitment criterion, the muscles
with the longest moment arms are recruited preferentially since they produce the
largest moment with the smallest amount of muscle force. However, as the
polynomial order is increased, the number of muscles recruited is also increased for a
muscle distribution that is more synergistic. Some of these muscles are less efficient
in that they must use more force to generate the required joint moment. These
increases in muscle force across the joint in turn, lead to higher joint forces.
The decrease in force at the knee joint with increasing polynomial order can
be explained by the trade-off of force from the gastrocnemius to other plantarflexors
of the foot, such as the soleus. To show this trade-off, the predicted muscle force of
the gastrocnemius and soleus was plotted against the polynomial order in Figure 3 for
the subject corresponding to the bottom graph in Figure 2. Since the soleus does not
cross the knee, any additional force shifted from the gastrocnemius to the soleus
reduces the compression at the knee.
By changing the polynomial order of the recruitment criterion, interplay
between the hip and knee joint forces was revealed. As the knee joint force decreased,
the hip joint force decreased. Since the force at the knee started to plateau near
polynomial order of three, we chose to use this polynomial for all analyses.
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Figure 2: Right hip (blue), right knee (red), left hip (green), and left knee
(purple) peak joint force during gait normalized to body weight (BW) as a
function of the recruitment criterion polynomial order, (n=5 subjects). Note: the
muscle recruitment solver reached the max number of iterations and could not
solve the muscle distribution problem for the 5th order recruitment for the last
subject.
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Figure 3: Predicted muscle forces of the gastrocnemius and soleus as a function of
polynomial order for one subject.

6. Scaling
When using a recruitment criterion that minimizes the sum of cubed
muscle activations, each muscle must have a defined maximal force. In the
AnyBody Modeling System, maximal forces can be defined in various ways.
We chose to use the length-mass-fat scaling in order to define the maximal
muscle forces. Scaling musculoskeletal models is challenging because it
pertains to the overall geometry, muscle origin and insertion points, muscle
strength parameters, and muscle wrapping parameters. This section will be
limited to discussion of scaling the muscle strength or maximal force. First,
there is a reference configuration for which all of the model data is known from
cadaveric measurements. Second, there is a scaled configuration for which we
only know some of the model data needed. The remaining unknown information
must be obtained by the scaling procedure. The following equation represents
linear scaling:
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where s is the position vector of a point in the local or segment-fixed coordinate
system of the scaled segment, p is the original point location, S is the 3x3 scaling
matrix, and t is the translation. The translation vector moves the local coordinate
system relative to the actual geometry of the segment. The scaling matrix scales the
relative point position along the three axes of the local coordinate system, i.e., the
segment is stretched or compressed relatively along the axes.
The length-mass-fat scaling is one method of calculating the elements of the
scaling matrix, S, and to include the fat percentage in the estimation of strength of the
scaled models (Rasmussen et al. 2005). This method divides the body into
percentages of fat, Rfat, muscle, Rmuscle, and other (organs, blood, skeleton, etc.), Rother.
From this we get:

The relationship between Rmuscle,1 (scaled configuration) and Rmuscle,0 (reference
model) can be used in the expression for the strength of the scaled model:

where subscripts 1 and 0 represent the subject to be scaled and the reference model,
respectively. The terms km and kl are ratios of the mass and length of the scaled
segment over the reference segment, respectively. The value of Rother is assumed to be
0.5 for all subjects. The value of Rfat is calculated based on the subject’s body mass
index (BMI) as estimated by Frankenfield et al. (2001).
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In the model, F (Equation 8) is defined for each segment of the lower
extremity (thigh, shank, and foot) based on the length-mass-fat scaling law. In the
model, these terms are denoted as ‘StrengthScaleThigh, StrengthScaleShank, and
StrengthScaleFoot’. Each muscle in the model has a defined physiological crosssectional area (PCSA) which is calculated by dividing the volume of the muscle belly
by the muscle’s optimal fiber length. Additionally, a PCSA factor which is the
product of the maximal stress in a muscle fiber and a term called ‘StrengthIndexLeg’
is defined. The maximal muscle stress is assumed to be 27 N/cm2, and the default
strength index value is 1.53. (These values will be used for work presented in the next
chapter.) Therefore, the maximal force for each muscle in the model is determined
from the following:

Depending on the location of the muscle, the strength scale term changes from thigh
to shank to foot.
While the value used for the maximal stress in a muscle fiber can be found in
the literature, the value of 1.53 for the strength index has an uncertain origin.
Therefore, we chose to alter that value ranging from 0.5 up to 3.5 in the model. All of
the lower extremity muscles’ maximal forces are scaled by this value. Thus,
increasing or decreasing the value also increases or decreases the maximal strength of
all lower extremity muscles. The analysis was performed on two control subjects for
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trials of walking. The peak hip and knee joint forces during the gait cycle were
normalized to each subjects’ body weight for each value of the strength index. The
results for the two subjects are shown in Figure 4. As the value for the strength index
was increased, the peak hip joint force decreased slightly, but the peak knee joint
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Figure 4: Right hip (blue), right knee (red), left hip (green), and left knee (purple)
peak joint force during gait normalized to body weight (BW) as a function of the
strength index parameter for two subjects. Right and left hip are overlapping in plot
to the right.

In the model, when the strength index is set to a lower value, such as 0.5, the
muscles of the lower extremity have a reduced maximal force that can be exerted.
However, the psoas major muscles in the model are not scaled by the strength index
term. Therefore, their maximal force capabilities are unaltered. The psoas muscles
function to flex the hip. Thus, they share a common function with other muscles that
act to flex the hip, such as the rectus femoris, sartorius, tensor fasciae latae, and
iliacus, among others. At low strength index values, all of these lower extremity hip
flexors have reduced force capacities and thus exert less force. To compensate for
this, the psoas muscles produce an increased amount of force and are at a higher

66

activity level than they would be at ‘normal’ strength index values. As the strength
index value is increased, the lower extremity muscles that flex the hip can exert a
higher force, and the force exerted by the psoas decreases. Some of this force is taken
up by the rectus femoris and Sartorius which are biarticular muscles that also cross
the knee joint. As force is transferred from the psoas muscles to these biarticular
muscles, the load on the hip is decreased slightly while the load on the knee is
increased.
It has been reported that the most obvious strength deficits after ACL injury
and reconstruction are due to decreased quadriceps activation and atrophy. There have
been reports of greater than a 20% deficit in quadriceps strength (Lindstrom et al.
2011). Other muscles often show no changes in strength (Williams et al. 2005). Thus,
we explored the effects of weakening the quadriceps muscles (rectus femoris, vastus
medialis, vastus intermedius, and vastus lateralis) in the model for an ACL
reconstruction subject. The length-mass-fat scaling was performed using the default
value of 1.53 for the strength index parameter. First, a gait cycle for the ACL
reconstructed leg was processed using the ‘normal’ quadriceps strength in the model.
The predicted muscle forces and tibiofemoral compression force were calculated.
Next, the maximum force of the quadriceps muscles in the ACL reconstructed leg was
reduced by 20, 40, and 80 percent from the original or normal maximal force,
respectively. The muscle forces of the muscles crossing the knee (rectus femoris,
vastii, hamstrings, gastrocnemius, sartorius, gracilis, popliteus, and plantaris) and the
tibiofemoral compression force are plotted over the stance phase of the gait cycle for
all quadriceps strength cases in Figure 5. As the quadriceps maximal strength was
reduced, the peak force exerted by the vastii was reduced from approximately 1700 N
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to 1000 N near 20% stance phase. In turn, the force exerted by the hamstrings at this
same instant also decreased from approximately 500 N to near zero.
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Figure 5: ACL subjects’ ACL reconstructed leg muscle and tibiofemoral
compressive forces during the stance phase of gait for various quadriceps muscle
maximal strength values. Rectus femoris (RF, blue), vastii group (Vast, green),
hamstrings (Hams, red), gastrocnemius (Gas, light blue), sartorius (Sart, purple),
gracilis (Grac, yellow), popliteus (Popl, black), plantaris (Plant, blue), and
tibiofemoral compression force (CD Force, green).
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A functional interpretation of what takes place at the knee joint during stance
phase has been described from previous studies of gait using motion capture and
EMG (Perry and Burnfield 2010). At the time the foot makes initial contact with the
floor, the knee is extended via two extensor mechanisms. The ground reaction force
vector is anterior to the knee joint, and the vastii muscles are active. During this time,
the hamstrings are also active to protect against knee hyperextension. Following
initial contact, the next phase during stance is often referred to as the loading
response. During this phase, the body rapidly transfers weight onto the limb which
disrupts the stable, extended knee. Knee flexion is initiated by the heel rocking
forward which rolls the tibia forward faster than the femur can advance. This
positions the knee joint anterior to the ground reaction force vector, and an extensor
moment is needed to stabilize the knee so it does not collapse. Thus, the vastii
muscles are active to limit the amount of knee flexion. Also during this time, the
hamstrings are continuing to protect the knee from hyperextension.
In the model with normal quadriceps strength, both the vastii and hamstrings
are active during the initial contact and loading response phases (0-20%), as would be
expected. However, when the quadriceps strength was reduced by 80%, the force
exerted by the vastii was significantly reduced during loading response which in turn
led to a decrease to almost zero force in the hamstrings. This suggests that as the force
in the vastii is reduced, the hamstrings muscles are no longer required to protect
against hyperextension of the knee.
Also, the drop in the quadriceps muscle force caused the knee joint force to
decrease and the hip joint force to increase (Figure 6). The force exerted by the
gastrocnemius also decreased with decreasing quadriceps strength but to a lesser
degree. As the quadriceps muscles were weakened, less force was exerted by the
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quadriceps, hamstrings, and gastrocnemius during the stance phase, and the knee was
in less compression.
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Figure 6: The change in hip and knee joint force with reduction in the quadriceps
maximal muscle strength in the ACLR limb of one subject.

7. Discussion
Our results have shown that the musculoskeletal model is sensitive to changes
in both the polynomial order of the recruitment criterion and maximal muscle strength
value of the muscles in the model. These results are similar to previous findings that
musculoskeletal models are sensitive to modeling parameters. Raikova and Prilutsky
(2001) showed that the predicted force of each muscle depends in a complex nonlinear way on moments at the knee, hip, and ankle joint and moment arms and PCSAs
of all muscles. They found that the muscle magnitudes were more sensitive to these
parameters than the patterns of muscle forces. These results were based on a planar
three degrees of freedom model of the leg by minimizing the sum of muscle stresses
squared and cubed.
Pierce and Li (2005) showed that predicted muscle forces are coordinate
system dependent. Using a three-dimensional elbow model, they found that moving
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the origin of the coordinate system medially and laterally along the flexion-extension
axis led to large variations in the predicted forces. Similarly, Fraysse et al. (2009)
showed that predicted muscle forces were dependent on whether the optimization was
performed locally or globally using a three-dimensional lower limb model. In the
global approach, the biarticular muscles exerted a torque on the two spanned joints at
the same time. In the joint-by-joint approach, the biarticular muscles were divided
into two monoarticular muscles. The two methods showed little difference in the
resultant hip load, but they resulted in different muscle force repartition. The
biarticular muscles were favored over any set of monoarticular muscles with the same
physiological function when using the global method.
These are only a few examples of the sensitivity of musculoskeletal models to
some of the model parameters. Other sensitivities include, but are not limited to, the
number of degrees of freedom at the knee joint (Cleather and Bull 2011), the choice
of optimization function (Ackermann and van den Bogert 2010), and different joint
models (Dumas et al. 2012).
8. Conclusions
Predicted muscle forces and joint forces are sensitive to the polynomial order
of the recruitment criterion and the assumed maximal strength of muscles in the
model. There is interplay between the knee and hip joint forces when changing these
parameters. At lower order polynomials, the larger muscles with the longest moment
arms are recruited preferentially. Increasing the polynomial order leads to more
synergistic muscle activity. Synergistic activity is less efficient and generally causes
increased joint forces, as was seen with the hip. However, in special cases where
biarticular muscles trade-off force to other muscles, as with the gastrocnemius and
soleus, the joint force can decrease, as was seen with the knee. We found that
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increasing the polynomial order of the muscle recruitment criterion led to an increase
in the hip joint force and a decrease in the knee joint force. Increasing the maximal
strength of all of the lower extremity muscles caused the opposite - an increase in the
knee joint force and a decrease in the hip joint force. Again, this interplay between the
hip and knee was due to trade-off of muscle force between biarticular (i.e.
gastrocnemius, biceps femoris, gracilis, plantaris, rectus femoris, sartorius,
semimembranosus, and semitendinosus) and monoarticular muscles.
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Chapter 5. Tibiofemoral joint forces during the stance phase of gait after ACL
reconstruction
1. Abstract
The main goals of anterior cruciate ligament reconstruction (ACLR) are to restore
knee function and prevent development of osteoarthritis (OA). However, the incidence of
early-onset OA remains higher in patients following ACLR. The purpose of this study
was to compare the computed tibiofemoral joint (TFJ) forces and muscle forces of ACLR
knees to those of BMI-matched control subjects during the stance phase of gait. We
hypothesized that the use of principal component analysis would allow us to characterize
alterations in three-dimensional TFJ loads and muscle forces after ACLR as compared to
a healthy control population. Of the eight ACLR knees, four displayed an abnormal TFJ
compressive force. In three of these four ACLR knees that displayed abnormal
compressive forces, one of the major muscles/muscle groups crossing the knee also
deviated from the control group. We believe that each subject has a unique response to
their injury, reconstructive surgery, and rehabilitation.
2. Introduction
The main goals of anterior cruciate ligament reconstruction (ACLR) are to restore
knee function and prevent development of osteoarthritis (OA). However, the incidence of
early-onset OA remains higher in patients following ACLR (Lohmander et al. 2007). It
has been reported that abnormal motion and/or moments at the knee could lead to the
development of early OA following ACLR (Butler et al. 2009; Hall et al. 2012). To our
knowledge, the tibiofemoral joint (TFJ) force during gait has not been studied as a
possible contributory factor for OA development after ACLR.
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Previous studies have reported TFJ loads for normal healthy individuals during
gait (Worsley et al. 2011; Sritharan et al. 2012). Gardinier et al. (2012) reported altered
TFJ loading during gait in subjects who had sustained a complete ACL rupture within the
past seven months. They found that patients walked with decreased force on their ACL
deficient knee as compared to their contralateral knee. These results are contrary to a
recent report that females who have undergone ACLR had increased tibiofemoral
compressive forces during a single-leg drop-land task (Tsai et al. 2012). To our
knowledge, there are no reports describing TFJ loading during gait in subjects following
ACLR.
We use principal component analysis (PCA) to explore differences between
ACLR subjects’ and control subjects’ TFJ loads during the stance phase of gait. PCA is a
dimension reduction method that transforms a set of observations of chosen variables that
may be correlated with one another into a set of uncorrelated variables, called principal
components (Jackson 1980; Jackson 2003). PCA has previously been applied to gait
waveform data to characterize differences between patients with a specific pathology and
normal control subjects (Deluzio et al. 1997; Deluzio et al. 1999; Deluzio & Astephen
2007; Sanford et al. 2012). PCA allows consideration of entire waveforms in the analysis
as opposed to extracting arbitrary parameters.
The purpose of this study was to compare the TFJ forces and muscle forces of
ACL reconstructed knees to those of BMI-matched control subjects during the stance
phase of gait. We used the AnyBody Modeling System (Version 5.2, AnyBody
Technology A/S, Aalborg, Denmark) to scale a musculoskeletal model to each individual
and estimate tibiofemoral and muscle forces based on each individual’s gait data. We
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hypothesized that the use of PCA would allow us to characterize alterations in threedimensional TFJ loads and muscle forces after ACL reconstruction as compared to a
healthy control population.
3. Methods
Sixteen subjects, eight (three male, five female) ACLR subjects (mean BMI 25.5,
SD 4.1 kg/ m2) and eight BMI-matched (five male, three female) control subjects with no
history of lower extremity trauma were recruited (mean BMI 24.3, SD 4.3 kg/ m2)
following institutional review board approval and informed consent. The ACLR subjects
had sustained a unilateral ACL tear and seven were surgically reconstructed with patellar
tendon grafts and one with a hamstring tendon graft more than seven months prior to
testing (average 93 months). All subjects had a normal contralateral knee.
Prior to testing, retro-reflective markers were placed over bony landmarks
including the sacrum, C7, and bilateral acromion, ASIS, PSIS, medial and lateral
epicondyles, and medial and lateral malleoli, calcaneous, head of the fifth metatarsal, and
dorsum of the foot. Arrays of markers were attached to the thighs and shanks using
elastic wrap. A nine camera video-based opto-electronic system (Qualisys AB,
Gothenburg, Sweden) was used for 3D motion capture as subjects walked barefoot at a
self-selected speed on a 10 meter walkway instrumented with three force plates (AMTI,
Watertown, MA, USA). Data were recorded for multiple trials to ensure that each foot
made at least three clean footfalls on a force plate. Electromyogram (EMG) electrodes
(Trigno, Delsys Inc., Boston, MA, USA) were placed bilaterally over the muscle belly of
the rectus femoris, vastus medialis, biceps femoris, semitendinosus, and medial
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gastrocnemius. EMG data were collected at 2000 Hz, rectified, low-pass filtered, and
normalized by the maximum value during the stance phase.
Motion capture and force plate data were imported into the AnyBody Modeling
System to estimate the TFJ forces for each subject (Damsgaard et al. 2006) using the
Twente Lower Extremity Model (Klein Horsman et al. 2007). The model consists of 12
body segments: HAT (head, arms, and trunk), pelvis, and right and left femur, patella,
tibia, talus, and foot. The model contains 11 joints: L5S1 and left and right hip, knee,
patella/femur, talocrural and subtalar. The L5S1 and hip joints were modeled as a balland-socket, and the knee, talocrural, and subtalar joints were defined as a hinge. The
patella could rotate with respect to the femur, but the orientation and position of the
patella was dependent upon the knee flexion angle. The orientation and position of the
pelvis with respect to the 3D global reference frame along with the joint rotations resulted
in a model with 21 degrees of freedom. Each leg contained 56 muscles whose mechanical
effect was modeled by 159 simple muscle slips, each consisting of a contractile element
(Klein Horsman et al. 2007).
The model was scaled in order to match each subject’s anthropometry using a
static, standing reference trial. The model was morphed using radial basis functions to
match the assumed bony landmarks based on the marker positions (Lund et al. 2011). An
anthropometric data set (Klein Horsman et al. 2007) was used to model mass, inertia
points, and muscle sites/geometry for all segments. The muscle attachment sites and
geometries were scaled using a linear geometry scaling law. The muscle strength was
scaled according to a length, mass, fat scaling which takes body mass index into account
(Rasmussen et al. 2005).
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Inverse dynamics was performed and muscle forces were distributed by using a
cubic polynomial optimization scheme that minimizes the sum of the cubes of muscle
activations (force/maximum force) at each time step. The compression-distraction (CD),
antero-posterior (AP), and medio-lateral (ML) TFJ force (in the tibial reference frame)
during stance was averaged for each subject for three trials of gait for the ACLR knee.
The same procedure was performed for the corresponding knees (right/left) of BMImatched control subjects. All gait waveforms were resampled to 101 values
corresponding to 100% of the stance phase of gait (approximately 0-60% of the gait
cycle). For each subject, force data were averaged from three trials for analysis.
We applied PCA to the averaged gait waveforms of control data to develop
principal component (PC) models (Deluzio et al. 1997) for each measure, CD force, AP
force, ML force, and gastrocnemius, vastii, rectus femoris, and hamstring muscle forces.
Each PC model can be considered a projection of the data from the p-dimensional space
defined by the original variables (101) to a k-dimensional hyper-plane defined by the
principal components, where k < p (Deluzio et al. 1997; Jackson 2003). The principal
components are optimal in that they explain the maximal amount of variance in the
original variables.
The principal component models were then used to reconstruct the original
waveform of each control subject’s knee, and the residual was calculated as the
difference between the original and reconstructed waveforms. The sum of squares of the
residuals, Q, was then calculated as a measure of the perpendicular distance of each knee
from the hyper-plane defined by the PC model (Deluzio et al. 1997). Similarly, the
Mahalanobis distance, T2, is a measure of the distance of each knee from the center of the
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hyper-plane. The Mahalanobis distance is a weighted sum of squares of the PC scores
(Deluzio et al. 1997). Upper limits for each of these measures, T2 and Q, were derived
from the normal subjects’ data and used as a reference for comparing the ACLR data.
Lower limits were not derived since both measures are squared quantities. Finally, the PC
models developed from the control data were applied to the corresponding ACLR subject
data, and values of T2 and Q were calculated for each ACLR knee for each gait measure.
These values were compared to the control limits to determine deviation from normal.
4. Results
PC models were developed for the CD, AP, ML, gastrocnemius, vastii, rectus
femoris, and hamstring forces (Table 1). The number of PCs used in each model (k) was
chosen through an 85% trace criterion (Jackson 2003). Of the eight ACLR knees
analyzed, five showed deviation in at least one of the TFJ forces (Table 2). In four of
these five subjects, the abnormal TFJ force was accompanied by an alteration in one of
the major muscles crossing the knee joint (hamstrings, quadriceps, and/or
gastrocnemius).

Table 1. Principal component models
Variation
Tibiofemoral joint force
Muscle force
explained (%)
CD
ML
AP
Gas
Vas
RF
Hams
PC1
53.7
57.9
69.6
67.9
82.5
65.4
58.1
PC2
32.8
29.7
13.8
24.6
10.0
15.2
19.3
PC3
–
–
–
–
–
8.9
13.4
Total
86.5
87.6
83.4
92.5
92.5
89.5
90.8
The % variation explained by each individual PC and total variation used in each
model. Compression-distraction (CD), medio-lateral (ML), antero-posterior (AP),
gastrocnemius (Gas), vastii (Vas), rectus femoris (RF), and hamstrings (Hams).
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Table 2. ACLR subject assessment
Subject (time since
surgery, months)

Tibiofemoral joint force

Muscle force

CD
ML
AP
Gas Vast RF
ACL1 (7)
+
+
+
+
+
+
ACL3 (64)
+
+
+
+
+
+
ACL4 (15)
–
–
+
–
–
+
ACL5 (87)
+
–
+
–
+
+
ACL7 (232)
–
–
+
+
+
–
ACL8 (143)
–
–
+
–
+
+
ACL9 (157)
–
+
+
+
+
+
ACL10* (42)
+
+
+
+
+
+
Total # significant 4
4
0
3
1
1
2
(–) indicates significantly different from normal either for T or Q at 95%
confidence level. *ACL subject with hamstring graft.

Hams
+
–
+
–
+
–
+
+
3

The average tibiofemoral compressive force for both the ACLR and control
groups was biphasic in shape, with the largest peak occurring during terminal stance and
a lesser peak occurring at the end of the loading response (Figure 1a). Four ACLR
subjects were identified as falling outside of the normal range for the Q value. The
corresponding waveforms for these subjects show deviations from normal in magnitude
(both increased and decreased), shape, and phase shift (Figure 1b).
The ML TFJ force was also biphasic in shape with peaks near the end of loading
response and during terminal stance (Figure 2a). Again, four of the ACLR subjects had Q
values which fell outside of the range defined by control subjects. As seen in Figure 2b,
the ACLR subjects deviated from normal in a variety of ways with no noticeable trend.
The mean AP TFJ force for both groups is shown in Figure 3. None of the ACL
subjects had T2 or Q values above the normal range of control subjects.
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Figure 1. (A) Mean TFJ compression force for the control (solid) and ACLR (dashed)
groups. (B) Four ACLR subjects with abnormal compression force (dashed) and mean for
control group (solid).

Figure 2. (A) Mean TFJ mediolateral force for the control (solid) and ACLR (dashed)
groups. (B) Four ACLR subjects with abnormal mediolateral force (dashed) and mean for
control group (solid).
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Figure 3. Mean TFJ antero-posterior force for the control (solid) and ACLR (dashed)
groups.

Of the eight ACLR knees, four displayed an abnormal TFJ compressive force
during stance. In three of these four ACLR knees that displayed abnormal compressive
forces, one of the major muscles/muscle groups crossing the knee also deviated from the
control group. Subject ACL4 displayed a TFJ compression force with a reduced
magnitude from approximately 10-70% of the stance phase with a slightly delayed
second peak (Figure 4e). When analyzing the corresponding muscle forces, the force in
the vastii muscle group had a decreased magnitude from approximately 10-65% of the
stance phase (Figure 4b) which was likely the cause of the reduced magnitude in the
compression force. Also, the gastrocnemius force was delayed in time and slightly
decreased in magnitude compared to controls (Figure 4c). The delay in gastrocnemius
activation explains the delayed second peak in the compression force.
Subject ACL7 displayed an abnormal TFJ compressive force which had increased
first and second peaks during stance (Figure 5e). The rectus femoris muscle force was
also found to lie outside the bounds of the normal control subjects and appears increased
in magnitude from approximately 10-85% of stance (Figure 5d).
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Figure 4. Predicted mean (A) hamstring force (B) vastii force (C) gastrocnemius force
(D) rectus femoris force (E) TFJ compression force (F) TFJ medio-lateral force for the
control group (solid) and subject ACL4 (dotted). EMG of the corresponding muscle
(dashed) for subject ACL4 when available. Solid bars at top of plots represent normal
EMG activity.
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Figure 5. Predicted mean (A) hamstring force (B) vastii force (C) gastrocnemius force
(D) rectus femoris force (E) TFJ compression force (F) TFJ medio-lateral force for the
control group (solid) and subject ACL7 (dotted). EMG of the corresponding muscle
(dashed) for subject ACL7 when available. Solid bars at top of plots represent normal
EMG activity.
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Subject ACL8 displayed a gastrocnemius force increased in magnitude at
approximately 70% stance (Figure 6c) which is likely the cause for the increased TFJ
compressive force which also occurs at 70% stance (Figure 6e). This subject’s hamstring
force was also considered abnormal when compared to control subjects (Figure 6a).
Finally, subject ACL9 had a compressive tibiofemoral force which deviated from
that of the control group (Figure 7e), but none of this subject’s individual muscle forces
could explain the deviation in the compressive force (Figures 6a-d).
For the subjects who displayed abnormal TFJ forces, EMG data is plotted along
with the muscle force to assess if the muscles in the model are active in the time that
would be expected as determined from EMG. In cases where a muscle group force is
shown, a representative muscle from that group was chosen from the available EMG
data. EMG from the semitendinosus is plotted along with the hamstring muscle force, and
the vastus medialis EMG is plotted for the vastii muscle group. For the gastrocnemius
force, EMG data was collected from the medial gastrocnemius. The EMG signal was not
plotted if the signal to noise ratio was not at least four. Control subject EMG data for the
same muscles is plotted below each graph to show the timing of normal muscle activity
during the stance phase (Sutherland 1984).
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Figure 6. Predicted mean (A) hamstring force (B) vastii force (C) gastrocnemius force
(D) rectus femoris force (E) TFJ compression force (F) TFJ medio-lateral force for the
control group (solid) and subject ACL8 (dotted). EMG of the corresponding muscle
(dashed) for subject ACL8 when available. Solid bars at top of plots represent normal
EMG activity.
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Figure 7. Predicted mean (A) hamstring force (B) vastii force (C) gastrocnemius force
(D) rectus femoris force (E) TFJ compression force (F) TFJ medio-lateral force for the
control group (solid) and subject ACL9 (dotted). EMG of the corresponding muscle
(dashed) for subject ACL9 when available. Solid bars at top of plots represent normal
EMG activity.
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For the four ACL subjects shown, the predicted hamstrings muscle force
activation coincides well with the timing of the semitendinosus EMG. The predicted
vastii muscle force timing coincides well with EMG during the first half of stance phase,
but some discrepancies were noted during the latter portion of stance in subjects ACL4
(Figure 4b) and ACL8 (Figure 6b). Subject ACL7 displayed rectus femoris EMG
activityduring the early part of stance, but the predicted muscle activity occurred
predominantly later in stance (Figure 5d). Subject ACL8 displayed rectus femoris EMG
activity both during early stance (0-35%) and later in stance (70-90%), but the predicted
muscle force only occurred during the latter portion of the stance phase (Figure 6d).
Subject ACL4 showed a delay in both the predicted muscle activity and EMG of the
gastrocnemius (Figure 4c). In the other three subjects, the timing of the predicted muscle
force coincided with that of the control subjects but the gastrocnemius EMG was delayed
slightly behind the predicted muscle force activity.
5. Discussion
We hypothesized that alterations in three-dimensional knee forces during the
stance phase of gait could be detected as outliers following ACL reconstruction using
PCA. The results show that abnormalities in gait waveforms can be detected in subjects
who have undergone ACL reconstruction. Of the eight ACLR subjects analyzed, five
were found to have an abnormality in either or both the CD and ML TFJ force. Four of
these five subjects also had predicted muscle forces which deviated from those of the
control population. The joint loading abnormalities appeared to be subject-specific, as
there was variability across subject outcomes. This subject-specific outcome is similar to
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what we found in our earlier work studying the knee joint moments during gait (Sanford
et al. 2012).
To our knowledge, this is the first report of knee joint forces and muscle forces
during gait in subjects after ACL reconstruction. Tsai et al. (2012) reported the peak TFJ
compressive force in females who had undergone ACLR during a single-leg drop-land
task. They found that the ACLR subjects had an increased peak compressive force when
compared to a control group using an MRI-based EMG-driven model. We believe our
results may differ due to the nature of the two different tasks, drop-land versus gait, and
the modeling approach. Their model was EMG-driven, whereas ours was an inverse
dynamics model. Also, their model only contained 10 muscles (hamstrings, quadriceps,
and gastrocnemius). They did not incorporate the other muscles crossing the knee joint
(popliteus, plantaris, gracilis, and sartorius) or other muscles which have been shown to
affect tibiofemoral joint loading (i.e. soleus and gluteus medius) (Sritharan et al. 2012).
Also, they did not show individual subject outcomes, so it is unclear how their subjects
varied from normal on an individual basis.
It has been reported that acutely injured patients with ACL deficiency (ACLD)
walk with decreased force on their injured knee compared to their uninjured knee
(Gardinier et al. 2012). This report was based on an EMG-driven model, and each
subjects’ ACLD knee was compared to the contralateral knee. Our study differs in that
we compared the ACLR knees to knees of a healthy control population. Also, the subjects
in the prior study (Gardinier et al. 2012) had all been injured within the past seven
months before testing, whereas our subjects were an average of 93 months post-surgery.
Whereas ACLD subjects in the prior study (Gardinier et al. 2012) walked with decreased
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force on the ACLD knee, we found that outcomes for our ACLR subjects were subjectspecific in whether their TFJ forces were increased, decreased, or in the range of healthy
control subjects. However, both studies report similar TFJ contact force patterns and
magnitudes. The timing of muscle activation in our ACLR and control subjects were also
similar to the ACL deficient subjects, although magnitudes could not be compared since
they did not report the body mass for the representative set of muscle forces shown.
There are several limitations that need to be acknowledged. Firstly, the knee was
modeled as a hinge joint which did not require muscles to balance the adductionabduction and internal-external rotation torques in the model. Secondly, the influence of
ligaments, cartilage, fluid, and other soft tissues was not included in this model.
However, the passive force contributions by the ligaments, etc. have been shown to be
small (Shelburne et al. 2004) and would have likely had little influence on our results.
Also, the muscle physiological cross-sectional areas and moment arms were scaled from
cadaveric data based on each subject’s mass and height since these values are difficult to
measure in vivo. Predicted muscle forces have been shown to be sensitive to these
parameters (Raikova & Prilutsky 2001). We also chose to distribute the muscle forces
based on minimizing the sum of cubed muscle activations. Predictions of muscle force
have also been shown to be sensitive to the optimality principle being applied
(Ackermann & van den Bogert 2010). The percentage of total muscle fibers activated
(muscle activation) is related to muscle fatigue, and experimental evidence has shown
this relationship to be approximately cubic (Crowninshield & Brand 1981). Thus, while
imperfect, we believe minimizing the sum of cubed muscle activation is a reasonable
choice for the optimization criterion.
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Finally, the sample sizes for both groups were relatively small. The results
presented in this work were based on the assumption that the control dataset is truly
representative of the normal population. Due to the small sample size we used to develop
normal models and determine tolerance limits for comparison, appropriate caution must
be exercised in interpreting the results.
6. Conclusions
Principal component analysis allowed us to identify TFJ loading waveforms and
predicted muscle force waveforms which deviate from normal as determined using a
control population. We found that of the eight ACLR knees, five knees displayed
abnormal TFJ loading during the stance phase of gait. In four of these cases, the
abnormal joint loading could be attributed to abnormal muscle forces of the major
muscles crossing the knee joint. We believe that each subject has a unique response to
their injury, reconstructive surgery, and rehabilitation. Further work is required to
understand if this is due to surgical (e.g. graft orientation, placement, and tension) or
patient variables (e.g. neuromuscular function, proprioception, and muscle strength) or
both.
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Chapter 6. General Discussion
1. Introduction
The aim of this work was to examine knee joint kinematics, moments, and
forces in individuals who have undergone ACL reconstruction in comparison with a
group of healthy BMI-matched control subjects. We hypothesized that we could
identify differences in the knee joint kinematic and kinetic measurements after ACL
reconstruction as compared to normal.
This goal was met in four steps: the collection of motion analysis data on
ACLR and control subjects, the development of a simple musculoskeletal model to
measure knee kinematics and moments, development of a more complex
musculoskeletal model to predict muscle forces and joint forces, and development of
principal component models to analyze gait waveform data.
2. Added value
The added value in this work is that it provides a comprehensive analysis of a
group of ACLR subjects during gait. Previous studies of this subject population have
focused specifically on knee kinematics or moments (Butler et al. 2009). Previous
analyses have also been limited in that the ACLR subjects have been analyzed as a
group, not individually. We have found that subjects tend to have a subject-specific
outcome which is likely a result of differences in the injury mechanism, surgical
procedure for repair, and rehabilitation following the procedure. In this work, we have
used gait waveform data for control subjects to develop normative models by using
principal components analysis. Then, each ACLR subject can be compared to the
normative model to determine where he/she lies with respect to the control data. In
doing this, a more careful evaluation of each ACLR patient is obtained. Also, by
using the principal components approach, we are not limited to only comparing
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arbitrary parameters of gait waveforms, such as peaks and valleys. Using principal
components allows analysis of entire waveforms. The work presented here shows that
abnormalities in gait waveforms can be detected in subjects who have undergone
ACL reconstruction surgery. Of the 20 knees analyzed, 45% displayed abnormal
adduction moment waveforms during the stance phase of gait. These included both
ACL reconstructed and contralateral knees. This is of concern since the knee
adduction moment has been shown to be a strong predictor of medial compartment
knee osteoarthritis presence, severity, pain, and rate of progression (Favre et al. 2012).
We also analyzed the ACLR subjects during a bilateral squat exercise to
assess symmetry in the ground reaction forces and anterior-posterior translation rates.
Previous studies of the bilateral squat in this subject population have focused on intralimb substitution patterns and have been limited to the vertical ground reaction force
(Salem et al. 2003; Castanharo et al. 2011). We were interested in whether ACLR
subjects exhibited inter-limb substitution patterns by shifting the effort from the
injured limb to the uninjured limb. We also analyzed the forces in the medial-lateral
and anterior-posterior directions. We used principal components analysis of ground
reaction forces and a simple measure of relative rate of anterior motion of the femur
on the tibia as measures. We found that at an average of seven years after ACL
reconstructive surgery subjects had asymmetric ground reaction forces and
asymmetric relative rates of anterior-posterior translation of the femur with the
respect to the tibia when compared to normal control subjects. Our study indicates
that ACL reconstructed subjects did not return to a normal degree of left to right
symmetry in their lower limb kinematics and kinetics even many years following
surgery or perhaps that they were asymmetric before injury occurred and remained so
after reconstruction. ACL reconstructed subjects shifted their body weight to the
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healthy limb during squatting and individual subjects displayed varying loading
strategies in the anterior-posterior and medial-lateral directions. Principal components
analysis identified asymmetry in the ACLR subjects’ antero-posterior (AP), mediolateral (ML), and vertical ground reaction forces (GRFs). There also appeared to be a
difference in the ML ground reaction force between ACLR and control subjects. All
control subjects had a ML ground reaction force waveform which was directed
medially throughout the squat cycle. For control subjects, the ML GRF dropped to
near zero as the knees reached their highest degree of flexion and then increased in
magnitude medially as the knees extended towards full extension. On the contrary,
only two of the ACLR subjects displayed this same ML GRF waveform pattern, while
two other ACLR subjects displayed the opposite pattern. These two subjects had an
ML GRF which was directed medially initially, and as the knees were flexed, the ML
GRF waveform increased in magnitude (to the medial direction). Then, as the knees
were extended, the ML GRF decreased in magnitude but remained in the medial
direction. The remaining ACLR subjects had various other ML GRF waveform
patterns. These alterations in loading may lead to altered load distributions across the
knee joint and may put some subjects at risk for future complications such as
osteoarthritis.
Finally, we analyzed the predicted muscle forces and tibiofemoral joint (TFJ)
forces during gait for the same group of subjects as we had analyzed for gait
kinematics and kinetics (Sanford et al. 2012), which has not previously been done for
ACLR subjects. We hypothesized that we could identify alterations in threedimensional TFJ loads and muscle forces after ACLR as compared to a healthy
control population. Of the eight ACLR subjects analyzed, five were found to have an
abnormality in either or both the CD and ML TFJ force. Four of these five subjects
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also had predicted muscle forces which deviated from those of the control population.
The joint loading abnormalities appeared to be subject-specific, as there was
variability across subject outcomes. Again, we believe that each subject has a unique
response to their injury, reconstructive surgery, and rehabilitation. Further work is
required to understand if this is due to surgical (e.g. graft orientation, placement, and
tension) or patient variables (e.g. neuromuscular function, proprioception, and muscle
strength) or both.
3. Limitations
When analyzing the results in this dissertation, its limitations should be
considered. First, the results presented are based on the assumption that the control
dataset is truly representative of the normal population. Due to the small sample size
used to develop normal models and determine tolerance limits for comparison,
appropriate caution should be exercised in interpreting the results.
Soft tissue artifact has been identified as the major source of error in human
movement analysis (Andriacchi and Alexander 2000). The markers on the surface of
the body move with respect to the underlying bones. This is associated with inertial
effects, skin deformation and sliding, and deformations caused by muscle contractions
(Leardini et al. 2005). The absence of a regular pattern of marker displacement makes
filtering out the contaminating soft tissue artifact impossible (Holden et al. 1997,
Manal et al. 2003, Sati et al. 1996, Garling et al. 2007). The frequency content of the
soft tissue artifact is within the same spectra of the motion of the bone segments
(Stagni et al. 2005). Techniques including intra-cortical pins, external fixators,
percutaneous trackers, roentgen photogrammetry, and fluoroscopy have been used to
study patterns and magnitudes of soft tissue artifact. Displacements of individual
skin-mounted markers relative to underlying bone of more than 20 millimeters have
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been reported (Garling et al. 2007). The errors associated with the thigh are generally
larger than for the shank. The non-sagittal plane knee kinematics (internal-external
rotation and adduction-abduction) are more affected by soft tissue artifact than
flexion-extension. Errors of more than 100% of the corresponding internal-external
rotation and adduction-abduction range have been reported (Stagni et al. 2005).
Despite the errors involved with the skin marker technique for measuring
motion, motion analysis remains a popular technique due to its non-invasive nature.
Attempts are being made to account for the soft tissue artifact in motion analysis.
Andersen et al. investigated the effects of kinematic constraints on the analysis of
knee kinematics using markers and compared the results to simultaneously recorded
trajectories of pone pin markers during gait. The unconstrained knee model showed
the least error when compared to the measurements obtained from bone pins. Thus,
they concluded that more advanced knee models and models of soft tissue artifact
were needed to improve accuracy of knee kinematics (Andersen et al. 2010). A later
study by Andersen et al. (2012) showed that a model of the soft tissue artifact could
be developed by recording marker trajectories and bone pin trajectories
simultaneously. However, more work is needed to model soft tissue artifact without
the simultaneous use of bone pins. It is also believed that more advanced marker sets
with an increased number of markers may also reduce the effect of soft tissue artifact
on kinematic measures (Li et al. 2012).
A study by Li et al. (2012) assessed the accuracy of marker-based measured
tibiofemoral kinematics by comparing to measures based on a dynamic stereo
radiography system during running and stair ascent. They found that the mean RMS
differences in rotation were as high as 9.1° and 8.8 mm in translation between
techniques. The differences were larger in higher speed activities. Also, the marker-
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based method significantly under-estimated the mean and inter-subject variability of
the differences between normal and PCL-injured subjects in three of the six
measurements (abduction-adduction, internal-external rotation, and anterior-posterior
translation). Therefore, the results presented in this work could actually represent an
under-estimation of the differences between ACLR and control subjects.
Another issue in human movement analysis is identification of anatomical
landmarks (Figure 1) and the reconstruction of their position (Croce et al. 2005).
Location of anatomical landmarks through palpation can be complicated by three
main factors: (1) the landmarks are surfaces, not points; (2) soft tissue of varying
thickness covers the landmark; (3) different palpation procedures can lead to different
results. Intra-examiner and inter-examiner precision of palpable anatomical landmarks
has been reported for various landmarks on the pelvis, femur, tibia, and foot. In
general, intra-examiner precision is higher than inter-examiner precision (Della Croce
et al. 1999, Rabuffetti et al. 2002). Precision values ranged from 5.7 millimeters (apex
head of the fibula) up to 21.0 millimeters (right anterior superior iliac spine) for intraexaminer results and from 11.5 millimeters (apex head of the fibula) up to 24.8
millimeters (right posterior superior iliac spine). Della Croce et al. (1999) estimated
the propagation of anatomic landmark position precision to joint kinematics. For the
knee the intra-examiner precision of rotation angles was 1.7, 5.8, and 1.0 degrees for
adduction-abduction, internal-external rotation, and flexion-extension, respectively.
Those values increased to 5.2, 10.4, and 3.7 degrees, in the same order, for interexaminer precision. Precision propagation to knee adduction-abduction and internalexternal rotation angles was shown to be dependent on the degree of knee flexion.
Instrumental errors also affect photogrammetric measurements, resulting in an
error on marker coordinates. Systematic instrumental error is associated with a model
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of the measurement system of limited validity. It can be due to either
photogrammetric calibration inaccuracies or to non-linearities that the calibration
could not account for. Random instrumental error may be due to electronic noise,
marker flickering, the digitizing process which transforms marker image coordinates
into their numerical values, and/or marker image shape distortion which can result
from velocity effects, partially blocked marker images, markers merging with each
other, or with phantom signals.

Figure 1. Identification of anatomical landmarks. Anatomical landmarks were
identified by palpation and retro-reflective markers were placed over the skin at these
locations.

One of the main modeling limitations in the AnyBody model was that the TFJ
was modeled as a hinge joint with only one degree of freedom. However, it is known
that the TFJ can rotate and translate in all three planes (six degrees of freedom). By
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constraining the degrees of freedom at the knee, the muscles in the model were only
required to account for the TFJ torque in the sagittal plane. The torques in the frontal
and transverse planes were balanced by knee joint reaction forces and moments, not
muscles. Also, using generic scaling laws, simplifying segment geometry, and
ignoring soft tissue artifact make modeling more computationally efficient, but
produce a model which is less representative of the subject-specific human anatomy.
As discussed previously, these models are also sensitive to model parameters such as
the muscle recruitment criterion type and order.
The AnyBody knee model also is limited in how patellar kinematics are
computed. The patella rotates with respect to the femur. However, this rotation is not
based on marker motion of the patella but rather it is dependent on the degree of the
knee flexion angle. Also, the lower extremity model is over-determined when using
marker trajectories to calculate kinematics. Our marker set consists of 38 markers
constituting 114 measured coordinates. The lower extremity model only contains 21
degrees of freedom. Therefore, in theory, the number of marker coordinates used for
calculating kinematics would need to be limited to use only 21 of the 114 available
measured coordinate trajectories. However, Andersen et al. (2009) developed a
method to extend standard kinematic analysis to over-determinate systems by rewriting the kinematical equations into a constrained optimization problem so that all
of the markers’ trajectories could be used. This method was later improved by
Andersen et al. (2010) to use the excess information from markers to estimate
segment lengths, joint axes of rotation, and local coordinates of markers. The
AnyBody model used in this work incorporated 26 of the 38 markers placed on each
subject. Arrays of four markers each were placed on each thigh and shank of the
subjects. Only one of the four markers on each array was used in the AnyBody model
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since the four markers on each array move with the array. The other 9 markers on the
arrays were not used in the model. Andersen’s method for solving kinematics of overdeterminate systems was already incorporated into the existing AnyBody model and
thus used in this analysis for determining kinematics.
Finally, a major concern of using musculoskeletal models is whether or not
they are adequate representations of the systems they simulate. Computational models
have increasing expectations to be able to aid in healthcare decisions (Lund et al.
2012). Modeling may be able to help clinicians answer questions or simulate
situations which are otherwise impossible to obtain experimentally. Model
verification and validation deal with how the model is implemented, the numerical
accuracy of the solution, and determining how well the model represents the real
world. Model verification determines whether or not the computer code correctly
solves the underlying model. The validation process involves comparing
computational and experimental results, extrapolating the model prediction to
conditions where the model is intended for use, and the determination of sufficient
accuracy in situations for intended use (Lund et al. 2012). In some cases, direct
validation can be performed where the output of interest can be compared with an
experimental measurement of the same quantity. For example, patients who have been
implanted with instrumented joint replacements provide a unique opportunity to
measure joint reaction force which can be compared to that of a musculoskeletal
model. However, models are generally developed with the intention of predicting a
scenario or explaining an occurrence which is too difficult or costly to perform
experimentally. Thus, validation of these models is difficult and sometimes ethically
not possible to perform. Therefore, indirect validation may provide insight into the
model’s ability to predict certain variables. The idea is that if the model can predict a
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measurable variable, this may provide more confidence in the prediction of other
variables that cannot be measured. In musculoskeletal models, EMG measurements
are often used to confirm the timing of muscle activity in the model, which infers
confidence in the estimation of joint forces (Lund et al. 2012).
4. Recommendations for future research
Since the findings of this work are based on the assumption that the control
subject data are representative of the normal population, more control subjects need to
be tested and incorporated into the development of the model for normal. A larger
group of control subjects will provide confidence that the normal population is truly
represented.
The musculoskeletal modeling results could be improved by making the
models more subject-specific. The models are currently scaled versions based on
cadaveric measurements. Imaging methods, such as MRI and x-ray, could be utilized
to measure lengths and radii of model segments and muscles which would provide a
more subject-specific model. Additionally, specific segments such as the femur or
tibia could be imaged and processed so that the segments are generated from the
image data directly. In the current model, the knee was simulated as a hinge joint
without ligaments. Future models could incorporate increased degrees of freedom and
addition of the cruciate and/or collateral ligaments. Ligament origin and insertion
points can also be estimated from imaging data when available. The models could
also be made more subject-specific by estimating each individual’s muscle strength in
the lower extremities. An isokinetic dynamometer can be used to estimate muscle
strength for various muscle groups. These estimates of strength can then be input as
model parameters instead of being estimated by scaling.
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Finally, the findings in this work are based on results of only two activities of
daily living – squat and gait. Subjects can be tested while performing a variety of
other activities such as sit to stand, stand to sit, ascending and descending stairs, etc.
Including more of these activities would provide a more thorough understanding of
the subject outcome following ACL reconstruction.
5. Concluding remarks


This study presented a thorough analysis of knee kinematics and kinetics of a
group of subjects following ACL reconstruction.



Normal models were developed from control subjects’ gait waveform data to
which ACLR subjects could be compared individually.



ACLR subjects were found to display distinct outcomes which were likely due
to individual responses to injury, surgery, and rehabilitation.



ACLR subjects were also found to have asymmetric three-dimensional ground
reaction forces and asymmetric rates of relative anterior-posterior translation
of the femur on the tibia.



We believe that individual ACLR subjects’ kinematic measurements from
walking and squatting can be compared to that of a database of control
subjects to identify those ACLR subjects who may be at risk for developing
osteoarthritis.



If these subjects can be identified at an early stage of OA, an intervention may
be able to prevent them from developing more severe OA later in life.
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